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Pavel Doležal and Jaromı́r Wasserbauer

Influence of the Composition of the Hank’s Balanced Salt Solution on the Corrosion Behavior 
of AZ31 and AZ61 Magnesium Alloys
Reprinted from: Metals 2017, 7, 465, doi:10.3390/met7110465 . . . . . . . . . . . . . . . . . . . . . 33
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Preface to ”Biodegradable Metals”

Extensive scientific efforts have been dedicated to the development of biodegradable metal 
implants, mainly for orthopedic and cardiovascular applications. This was largely due to the 
enhanced mechanical properties of metals, as compared to biodegradable polymers. Obviously, the 
main focus of such efforts was directed at metals naturally presenting excellent biocompatibility, such 
as Mg, Fe and Zn. However, it soon became evident that these metals possess inherent limitations 
when used as structural implants in in vivo conditions. Magnesium-based implants showed 
accelerated corrosion rates accompanied by hydrogen gas evolution that can lead to premature loss 
of mechanical integrity, separation of tissues and gas embolism. Iron-based implants with acceptable 
corrosion rates showed accumulation of voluminous corrosion products that repel neighboring cells 
and that did not appear to be metabolized or excreted at appreciable rates. Zinc-based implants have 
relatively low mechanical properties and reduced corrosion rates that can provoke fibrous 
encapsulation processes which critically limit their biodegradable capabilities. In view of these 
limitations, this special issue presents the latest scientific advances in developing biodegradable 
metal-based systems with special attention to their safe performance in in vivo conditions.

Eli Aghion

 Special Issue Editor
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1. Introduction and Scope

Over the last two decades, significant scientific efforts have been devoted to developing
biodegradable metal implants for orthopedic and cardiovascular applications, mainly due to their
improved mechanical properties compared to those of biodegradable polymers. Naturally, the main
focus of such efforts was directed at structural metals with the best biocompatibility characteristics,
namely magnesium, iron, and zinc, as well as their alloys. However, it soon became evident that
the use of such metal systems in vivo resulted in major problems, limiting their capabilities to act
as acceptable structural materials for biodegradable implants in practical applications. These hurdles
are exemplified by the accelerated corrosion rate of Mg, accompanied by hydrogen gas evolution
that can lead to premature loss of mechanical integrity of the implant, separation of tissues, and,
in extreme situations, gas embolism [1,2]. In the case of iron-based implants, although iron corrodes
at a reasonable rate, it accumulates a voluminous corrosion product that repels neighboring cells
and biological matrices and does not appear to be either metabolized or excreted at an appreciable
rate [3]. As for zinc-based implants, they possess relatively low mechanical properties in vivo, as well
as reduced corrosion rates, which can provoke fibrous encapsulation processes, which limit their
prospects as practical biodegradable implants [4,5]. As such, efforts have been directed at overcoming
these hurdles.

This Special Issue introduces the latest scientific advances in developing innovative biodegradable
metal implants for various applications and examines the safety of such materials. The collection of
high-quality papers comprising this Special Issue is divided into three parts according to the major
metal matrix component involved, namely Mg-, Fe-, and Zn-based implants.

2. Contributions

The first part of this Special Issue addresses scientific progress made with magnesium-based implants.
The paper by Lumei Liu et al. [6] evaluates the safety of biodegradable Mg-based implants by assessing
their impacts at the cellular/molecular level, including in terms of cell adhesion, signaling, immune
response, and tissue growth, during the degradation process. In addition, they also evaluate the effect
of Mg-based implants on gene expression/protein biosynthesis at the site of implantation, as well
as throughout the body. The outcomes of their study serve as the basis for an innovative prediction method
to assess the safety of magnesium-based implants. Muhammad Imran Rahim et al. [7] concentrated
their efforts on bacterial biofilm infections, as well as bone growth stimulation, given the mechanical
forces imposed by magnesium corrosion products. Their novel model for examining implant-derived
infections suggests that host cell adhesion to implants is important to prevent bacterial invasion of the
exposed host tissue surface, and not, as previously thought, to prevent bacterial adhesion to the implant.
According to their model, they predict that passive antibacterial implant-coating strategies would not
be efficacious in vivo. Jakub Tkacz et al. [8] examined the effects of solution composition and material
surface finish on the corrosion degradation behavior of AZ31 and AZ61 alloys by analyzing the
corrosion products created at the implant surface. Their results reveal differences in the response of the
Mg alloys to the commonly used cell culture medium Hank’s balanced salt solution (HBSS), lacking Mg
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and Ca ions, and enriched HBSS (HBSS+), containing these ions. Although both alloys exhibited better
corrosion resistance in the enriched HBSS+ solution, AZ61 presented higher values of polarization
resistance than did AZ31 in both corrosion solutions. As for surface finish (i.e., ground vs. polished),
no significant effects were observed during EIS measurements of AZ31 alloy in both HBSS solutions.
By contrast, ground samples of AZ61 in HBSS+ solution displayed Rp values which are higher than
those obtained with polished samples. The effect of processing parameters on mechanical properties
and corrosion degradation of pure Mg in terms of powder metallurgy technology was evaluated by
Matej Brezina et al. [9]. They found that cold-compacted samples were quite brittle, with reduced
strength (up to 50 MPa) and accelerated corrosion degradation, as compared to hot-pressed samples
that yielded much higher strength (up to 250 MPa) and significantly improved corrosion resistance.
Overall, applying temperatures treatments of 300 and 400 ◦C and high pressures of 300–500 MPa
had a significantly positive influence on material bonding, and mechanical and electrochemical
corrosion properties. A higher compaction temperature of 500 ◦C had a detrimental effect on material
consolidation processes at compacting pressures above 200 MPa. Apart from using Mg-based implants
as a supporting device for orthopedic and cardiovascular applications, Da-Jun Lin et al. [10] evaluated
the possibility of using Mg-5Zn-0.5Zr alloy for dental-guided bone regeneration. They managed to
develop and integrate an optimized solution of heat-treatment and surface fluoride coating to produce
an Mg-based regeneration membrane. Their heat-treated Mg regeneration membrane ARRm-H380 was
able to provide a proper concentration of Mg ions to accelerate early stage bone growth, encouraging
the formation of more than 80% of the new bone.

The second part of the Special Issue is devoted to innovative efforts aimed at using iron
as a structural material for biodegradable implants. These activities were carried out mainly due to
the inherent limitation of iron, manifested by a reduced corrosion rate in vivo. Although different
methods have been proposed for improving the corrosion rate of iron, including modification of
alloying elements, poly (lactic-co-glycolic acid) infiltration, and coating, Reza Alavi et al. [11] examined
the possibility of using iron-foams as an alternative. The objective of their study was to investigate
the mechanical behavior of iron foams with different cell sizes in various compression tests under
dry and wet conditions and after being subjected to degradation in HBSS. In general, they found
that a wet environment did not significantly change the mechanical behavior of the iron foams,
while degradation processes resulted in reductions of elastic modulus, yield strength, and energy
absorption. Another attempt to overcome the reduced corrosion degradation of iron is introduced in
the review from Mohammad Asgari et al. [12], which notes that sandblasting treatment can increase the
degradation rate of pure Fe in simulated body fluid (SBF). The main reasons for the increased corrosion
rate were changes in surface composition, and the high roughness and density of dislocations.

The third and final section of the Special Issue is dedicated to the prospects of zinc as a promising
alternative to magnesium and iron to overcome the critical limitations of these metals in terms of their
suitability for clinical applications. The review paper by Galit Levy Katarivas et al. [13] indicates that
Zn2+, the main byproduct of zinc metal corrosion, is highly regulated within physiological systems
and plays a critical role in numerous fundamental cellular processes. However, the use of pure Zn
as a biodegradable metal for most medical device applications is limited due to its insufficient strength,
plasticity, and hardness, as well as its reduced corrosion rate. Although a number of zinc alloys with
relatively improved mechanical properties have been developed, such as Zn–Mg and Zn–Al, they
still do not present satisfactory properties for practical biodegradable implants. Innovative efforts
to develop a new zinc-based alloy were carried out by Alon Kafri et al. [14]. Their research aimed
at evaluating the possibility of using Fe as a relatively cathodic biocompatible alloying element in
zinc that can tune the implant degradation rate via microgalvanic effects. The selected Zn–1.3wt %Fe
alloy composition produced by gravity casting was examined both in vitro and in vivo. The absence
of undesirable systemic effects in terms of gain, subject well-being, and hematological characteristics
(i.e., red blood cell, hemoglobin, and white blood cell levels) of rats during 14 weeks of implantation,
as well as adequate histology results in subcutaneous tissues close to the tested implants, suggests
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that the Zn–1.3%Fe alloy can be considered as a potential candidate for biodegradable implants.
Another attempt carried out by Michaela Krystynova et al. [15] aimed at developing zinc implants
via powder metallurgy technology. Their study focused on consolidating zinc powders with two
different particle sizes, 7.5 μm and 150 μm, by cold-pressing, followed by sintering and hot-pressing.
The obtained results showed that the mechanical properties of samples made from 150 μm particle
size powder were better than those prepared with 7.5 μm particle size powder.

In summary, the articles comprising this Special Issue clearly demonstrate the potential of
magnesium-, iron-, and zinc-based systems to be a suitable options as structural materials for
biodegradable metals implants. However, looking ahead, there are still many challenges to be overcome
before these options can be realized. These include: (i) Precisely controlling the degradation kinetics
of biocompatible metals and their corrosion products according to in vivo absorption capabilities,
while maintaining mechanical integrity prior to significant degradation processes; (ii) correlating
the mechanical properties of metal implants according to the required properties of the designated
medical device application; and (iii) conducting long-term clinical trials to obtain full biocompatibility
responses. Considering the importance of realizing these goals, it is reasonable to expect solutions
sooner, rather than later.
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Abstract: The biocompatibility of Magnesium-based materials (MBMs) is critical to the safety of
biodegradable medical devices. As a promising metallic biomaterial for medical devices, the issue of
greatest concern is devices’ safety as degrading products are possibly interacting with local tissue
during complete degradation. The aim of this review is to summarize the biological responses to
MBMs at the cellular/molecular level, including cell adhesion, transportation signaling, immune
response, and tissue growth during the complex degradation process. We review the influence of
MBMs on gene/protein biosynthesis and expression at the site of implantation, as well as throughout
the body. This paper provides a systematic review of the cellular/molecular behavior of local tissue
on the response to Mg degradation, which may facilitate a better prediction of long-term degradation
and the safe use of magnesium-based implants through metal innovation.

Keywords: biological responses; biocompatibility; biodegradable; magnesium-based materials

1. Introduction

The degradability of magnesium-based materials (MBMs) makes these biomaterials a great choice
for clinical devices, especially for orthopedic and cardiovascular applications. The biocompatibility of
MBM refers to their ability to interact with the body organic tissues without causing an unacceptable
degree of harm. From a biological perspective, human tissue can not only tolerate, but can even
benefit from the interaction with MBM implants by proper responses. On the other hand, the
interaction between MBMs and organic tissue in vivo has also been shown to cause phenomena
that are not observed in vitro. In an aqueous environment, whether that be organic tissue or in vitro
cell culture, Mg reacts with water, generating magnesium hydroxide (Mg(OH)2) and molecular
hydrogen (H2). The biological responses of Mg-based materials have been studied both in vivo and
in vitro [1–5]. In vivo, MBM implantation results in the formation of gas pockets in tissue containing
different concentrations of H2, O2, CO2, and/or N2; a high deposition of calcium phosphate (Ca-P),
which acts as a mineral layer between tissue and MBM implants; and an increase in the local pH
of body fluid [2,6–8]. In contrast, there is no formation of gas pockets in vitro since it is freely
released, while in vivo, the gas pockets are trapped by local tissue. Instead, molecular hydrogen
escapes to the atmosphere, and cell-adhesion behavior on the surface of MBM implants indicates
biocompatibility [1,3]. As a product of MBM corrosion, H2 was also found to be a potential antioxidant
that is involved in cell signaling and has a novel role in preventive and therapeutic applications [9–11].
Furthermore, the Ca-P mineral layer that is associated with magnesium can promote osteoinductivity
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and osteoconductivity, which aids in the biocompatibility of magnesium alloys as a bone regenerative
material [12]. The increase in pH has a positive correlation in hemoglobin picking up oxygen in the
blood based on the Bohr effect and a negative correlation in cell-mediated bone resorption by rat
osteoclasts in vitro [13,14]. To better understand the biological response to MBMs both in vivo and
in vitro, the mechanism of these phenomena should be investigated on the molecular/cellular level.

Like many non-degradable biomaterials, the surface of MBMs is adhered to via protein integrins
(heterodimeric receptors in the cell membrane) from the extracellular matrix, within nanoseconds
after contact with tissue. Integrins are also involved in intracellular signaling and thus participate
in a diverse range of cell functions [15–17]. For cardiovascular applications, MBMs are subject to
the Vroman effect, which is exhibited by the absorption of blood serum proteins to the biomaterial
surface [18]. However, unlike non-degradable biomaterials, at the time of protein adhesion, Mg reacts
with the aqueous environment to generate hydrogen gas (H2) and Mg(OH)2, thus increasing the
concentration of Mg2+. It is known that the physiologically active form of Mg2+ serves as a catalyst
for over 300 enzymes, including those for ATP synthesis, as well as those that use other nucleotides
to synthesize DNA and RNA [19]. Both MBMs and permanent biomaterials, such as Titanium-based
alloys, are mixed with biocompatible elements (e.g., rear earth, Nb) [20,21]. However, the biological
responses to the added elements and the molecular mechanisms that need to be determined by in vitro
and in vivo cytotoxicity evaluation.

When MBMs are implanted into the lesion area, a layer of proteins rapidly adsorbs from the blood
(or serum). These proteins effectively translate the structure and composition of the foreign surface
into biological signals. The signals that are generated by the recognition of the foreign MBM implant
are then transmitted from the extracellular environment to the interior of the cell to regulate gene
and protein expression; thus, initiating and mediating cellular behaviors like migration, proliferation,
differentiation, and apoptosis in different cell types [22–24]; in addition to stimulating constructive
responses that favor wound healing and tissue integration. This layer of proteins determines the
activation of the coagulation cascade, complements system, platelets, and immune cells, and guides
their interplay, which results in the formation of a transient provisional matrix and the onset of
an inflammatory response from the immune system [25,26]. Further research should be done on this
protein layer and its expression profile to better understand its involvement in the biological response
to MBMs.

Finally, the immune response leads to an encapsulation of the implants, which also indicates the
growth of tissue. The regular foreign body reaction process of encapsulation includes inflammation,
granulation and regeneration, and fibrosis. It has been shown that Mg2+ on bioceramic surfaces
substantially affects the phenotype of osteogenic cells in vivo and in vitro [27–30]. A number of studies
have demonstrated that Mg2+ plays a critical role in bone remodeling and skeletal development [31].
The mechanism of these phenomena is not yet known, but the function of Mg2+ in protein synthesis
and molecular regulation is a possible explanation. Knowing which genes and proteins are expressed
differently due to the influence of MBM implants and how these molecules are affected will not only
give further insight into the biocompatibility of MBMs, but will also indicate whether MBMs influence
other biological functions involving these proteins. This is of great importance to modern MBM
implant design, which should make full use of these differentially expressed molecules to improve
implant integration [32]. In this article, these molecules from local molecular/cellular response to the
degradation of Mg-based alloys are categorized and reviewed based on their involvement in four
functions: cell adhesion, transportation signaling, immune response, and tissue growth.

2. Degradation of Mg-Based Alloys

The degradation behavior of MBMs has been studied and reviewed [33–36]. The mechanism of
MBMs degradation involves the reaction of magnesium with its aqueous environment, which produces

6



Metals 2017, 7, 514

magnesium hydroxide (Mg(OH)2) and hydrogen gas (H2). A general summary of the corrosion reaction
kinetics that takes place is given below [34,37]:

2Mg → 2Mg+ + 2e− (anodic reaction) (1)

2H2O + 2e−→ H2 + 2OH− (cathodic reaction) (2)

2Mg2+ + 2H2O → 2Mg2+ + 2OH− + H2 (chemical reaction) (3)

Mg + 2H2O → Mg2+ + 2OH− + H2 (overall reaction) (4)

Mg2+ + 2OH− → Mg(OH)2 (product formation reaction) (5)

Mg(OH)2 → Mg2+ + 2OH− (product dissolution reaction) (6)

Mg degradation is a dynamic process, including (1) degradation initiation, (2) degradation
rate, (3) degradation product formation, (4) the composition of degradation products, (5) removal
of the product from flow-induced shear stress, and (6) localized pitting with hydrogen evolution.
This complex process is constantly interacting with local tissue, which involves a typical foreign body
reaction composed of macrophages and foreign body giant cells formation [38]. A local physiological
environment, such as loading and flow affects Mg degradation and finding the most important factors
that influence degradation is the key. These dynamic reactions not only produce corrosion products,
such as solid Mg(OH)2 and H2 gas, but also generate charged molecules that might affect cellular and
molecular responses. For example, it has been studied that responding to different concentrations
of Mg2+, osteosarcoma (U2OS) cells have different gene expression related to cell growth, apoptosis,
inflammation, and migration [39]. While Mg degrades in the body, the neighboring tissue is expected
to regenerate and sustain normal functions. The active interface between degrading MBMs’ surface
and regenerating local tissue should be monitored and controlled to address the medical concern of
biocompatibility [40].

3. Protein-Mediated Cell Adhesion

The MBM implants enhance the adhesion of surrounding cells that are mediated by proteins in the
extracellular matrix. It is known that cell adhesion and morphology influence their proliferation and
differentiation [41]. The ability of biomaterials to adsorb the proteins from serum in a favorable
conformation determines their ability to support cell adhesion and spreading [42]. The MBMs
have this ability, indicating an important aspect of their relative biocompatibility with adjustable
biodegradation [43]. For example, α5β1- and β1-integrin were found to mediate cell adhesion to
biomaterial surfaces. The expression of α5β1-integrin receptor was increased in human bone-derived
cells (HBDC) responding to Mg2+-enriched substrates [44]. It has also been shown that the presence of
Mg in bioceramics can significantly increase the expression of β1-, α5β1-, and α3β1-integrins that are
vital for osteoblast activity [44,45]. Mg2+ promotes cell adhesion via 5β1- and β1-integrin-associated
signal transduction pathways, which are involved in the enhanced activation of the key signaling
adaptor protein Shc (Src homology collagen), resulting in the enhanced gene expression of extracellular
matrix proteins [46,47]. In our recent studies, we found that platelets have a different adhesion rate on
different MBMs surfaces in dynamic conditions [5]. The major platelet integrin αIIbβ3 in relation to
MBMs has not been studied. This integrin is required for platelet interactions with proteins in plasma
and the extracellular matrices (ECM) that are essential for platelet adhesion and aggregation during
hemostasis and arterial thrombosis [48].

Surface chemistry modification with Mg2+ also plays an important role in focal adhesion kinase
(FAK; pp125FAK)-mediated signal transduction via cell surface integrin-ECM interaction [44]. It has
been shown that FAK expression is enhanced in osteoblasts growing on Al2O3-Mg2+, suggesting
that tyrosine phosphorylation of signaling proteins was enhanced by binding to Mg2+-supplemented
bioceramics [44]. In addition to Shc and FAK, other key proteins, such as collagen type 1, vitronectin,
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and fibronectin, are also highly expressed by osteoblast cells in the presence of Mg [47]. In vitro,
osteoblastic cells and other cell types have been shown to depend primarily on adsorbed vitronectin or
fibronectin for initial adhesion and spreading on various materials, including tissue culture polystyrene,
titanium, stainless steel, and hydroxyapatite [49–51]. Furthermore, vitronectin and/or fibronectin
have been detected among the proteins adsorbed from whole blood and plasma in vitro and in vivo
by implanted surfaces [52–55]. According to the Vroman effect, under stagnant conditions, initial
protein deposition takes place in this sequence: albumin, globulin, fibrinogen, fibronectin, factor XII,
and HMWK [18]. It has been studied that Mg2+ improves smooth muscle cells adhesion at 10 mM
with certain interaction time. This study revealed some genes that related the influence of Mg2+ to
cell adhesion (SERPINE 1) and inflammation (HMOX1, IL-1β) functions [56]. One exception to the
adhesion-promotion effects of Mg2+ is the rapid formation of hydrogen bubbles that accumulated
next to the MBM surfaces [57], which physically occupy the position for cell attachment [5]. However,
this effect can be moderated by the Ca-P mineral layer coating the surface of MBM implants, which
has been shown to enhance cell attachment and spreading [58]. It has also been demonstrated that
pH-related proteins near isoelectric pH adsorb more on uncharged biomaterial surfaces [59–61]. Thus,
the increasing pH of the surroundings and surface ion change caused by MBM corrosion might
decrease cell adhesion.

4. Transportation Signaling

MBM implants increase the concentration of Mg2+, which may modify its transportation signaling
pathway between intracellular and extracellular space. Intracellular Mg2+ concentration incorporating
with Mg2+ channels is related to cell growth [62–65]. Mg2+-related functions in the nucleus and
mitochondria, such as ATP synthesis, will change due to the increased amount of Mg2+ transported by
cell membrane magnesium transporters (Figure 1): transient receptor potential melastatin (TRPM) 6
and 7, SLC41A1, CNNM2, and Claudin-16 and 19 (CLDN 16/19). Calcium homeostasis may also be
altered (Figure 2).

TRPM6 and TRPM7 were characterized as magnesium “gatekeepers” on the cell membrane
that monitor cellular magnesium homeostasis [66]. TRPM7 is responsible for intracellular Mg ion
homeostasis in osteoblast cells and plays an important role in osteoblast proliferation and survival [67].
Thus, tight regulation of magnesium homeostasis is crucial for bone health. Another Mg2+ transporter
is SLC41A1, which was found to be expressed in all of the human tissues tested, but at varying
levels, with the heart and testis having the highest expression of the gene [68]. No explanation of
the expression pattern has been given with regard to Mg2+-related physiology, though it has been
suggested that SLC41 proteins are likely to be the metazoan equivalent of the Mg transporter E
(MgtE) that is found in bacteria [68]. This will need to be verified using one of the now standard
experimental systems for examining transport, especially in terms of the interface between tissue and
MBM implants. Ancient conserved domain protein 2 (ACDP2) is encoded by CNNM2 and regulates
physiological magnesium homeostasis in humans [69]. It belongs to the ACDP family and is widely
expressed in human tissues, with the highest levels of expression in the brain, kidney, and placenta [70].
Furthermore, studies provide evidence for its involvement in magnesium transport [71,72]. Claudins
allow for Mg2+ transport via the paracellular pathway; that is, that they mediate the transport of
Mg ions through the tight junctions between cells that form an epithelial cell layer. In the claudin
family, Claudin-19, which is encoded by the CLDN19 gene, has been implicated in magnesium
transport [73,74]. Claudin-16 allows the selective re-uptake of Mg2+ in the kidney [75]. Defects in
CLDN16 and CLDN19 can cause primary hypomagnesemia, which is characterized by massive renal
magnesium wasting and hypercalciuria, resulting in nephrocalcinosis and renal failure [76].

Federica I. Wolf et al. suggested that the magnesium-deficient condition led to the increased cells
percentage in the G0/G1-phase and the decreased cells percentage in the S-phase of the cell cycle [77].
Hypermagnesemia is uncommonly reported because the kidney is very efficient in excreting excess
magnesium, thus we believe that patients with renal dysfunctions may not be suitable candidates

8



Metals 2017, 7, 514

for MBM implants. Besides this, hypomagnesemia and increased pH also affect cell morphology.
Echinocytes (red blood cells with a spike-like cell membrane) can be seen with mild hemolysis in
hypomagnesemia and are caused by an increase in pH in vitro [78]. At the site of MBM implantation,
the Mg2+ concentration and pH are increased, and it has not been clearly reported whether MBM
implants will increase the number of echinocytes [79], thus causing acanthocytosis. It seems that host
tissue has regulation on the magnesium transporters overcompensate for the increase in magnesium
ion concentration during the corrosion. However, evidence, such as channels behaviors before, during,
and after Mg-based alloys implantation need to be studied.

Figure 1. An illustration of the main magnesium transporters on the cell membrane.

The layer of Ca-P deposition formed between the host tissue and MBM implants indicates the
transportation of Mg2+ has a tight connection with Ca2+ transportation. TRPM7 by itself appears to be
a Ca2+ channel [80], but in the presence of TRPM6, the affinity series of transported cations places Mg2+

above Ca2+ [67,81]. It has been found that the intestinal absorption and the renal excretion of the two
ions are interdependent [82]. Furthermore, the Ca-P layer is the direct cause of vascular calcification [83].
Studies have shown that magnesium reduces calcification in bovine vascular smooth muscle cells
(BVSMC) in a dose-dependent manner. Higher magnesium levels prevented BVSMC calcification
and inhibited the expression of osteogenic proteins, apoptosis induced by β-glycerophosphate (BGP),
and further progression of already established calcification [84]. It has been demonstrated that Mg2+

interferes with calcium homeostasis and Ca-P deposition in vascular smooth muscle cells (Figure 2) in
the following ways: (1) Mg2+ can stabilize the Ca-P complex and inhibit the apatite transformation from
Ca-P, instead forming more soluble magnesium-substituted whitlockite [85–87]; (2) Mg2+ suppresses
apoptosis resulting in the formation of fewer apoptotic bodies; (3) Mg2+ blocks the entry of Ca2+ into the
cells by being transported into cells as a Ca2+-channel antagonist [88], and then impedes the formation
of Ca-P particles and Ca-P particle matrix vesicles; (4) Mg2+ enters cells through TRPM7 to balance the
expression of calcification promotors and inhibitors by suppressing the negative effect of Pi (inorganic
phosphate, transported by Pit-1 and Pit-2) on calcification inhibitors (MGP and BMP7) and regressing
the activating effect of phosphate on calcification promotors (RUNX2 and BMP2) [89]; (5) Due to
the effect of Mg2+ on these two calcification promotors, vascular smooth muscle cells are prevented
from undergoing osteogenic differentiation and vascular calcification by the same pathway [84];
and, (6) Mg2+ activates calcium-sensing receptor (CaSR), which inhibits vascular smooth muscle cell
calcification [90,91]. Theoretically, Mg2+ should prevent the formation of the Ca-P layer. In reality,
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however, a Ca-P layer is still formed between MBM implants and host tissue and its deposition to
tissue depended on the Mg degradation rate [4].

Figure 2. Mg2+ interferes with calcium homeostasis and Ca-P layer deposition. Abbreviations: Pit,
inorganic phosphate transporter; MGP, matrix Gla protein; BMP, bone morphogenetic protein; RUNX2,
runt-related transcription factor 2.

5. Immune Responses

As an implantation biomaterial, MBMs should induce injury, blood-material interactions,
provisional matrix formation, inflammation, chronic inflammation, granulation tissue development,
foreign body reaction, and fibrosis/fibrous capsule development [38,92–95]. Immune cytokines,
such as IL-4 and IL-13, may be involved to induce monocytes adhesion on MBMs surface and
monocytes/macrophage fusion to form foreign body giant cells [38]. However, because of the
degradability of MBMs, the immune responses are affected by the corrosion products and surface
changes of MBMs. Magnesium ions participate in immune responses in numerous ways: as a cofactor
for immunoglobulin synthesis, C'3 convertase, immune cell adherence, antibody-dependent cytolysis,
IgM-lymphocyte binding, macrophage response to lymphokines, T helper cell-B cell adherence, binding
of substance P to lymphoblasts, and antigen binding to macrophage RNA [96]. As biocompatible
materials, MBMs do not elicit a detrimental immune response. In fact, some of the immunological
responses that are generated by MBMs reflect their beneficial properties.

In one in vitro study, the expression of inflammation-related genes (IL-8, PDGF, TGF-β1, Angio1,
βFGF, VEGF, ET-1, CXCR-1, HIF-1α) was either increased or decreased with different magnesium
ion concentrations [39]. In magnesium-deficient rodents, TNFα, IL-1, and IL-6 are increased in
both the serum and bone marrow microenvironment [97]. Low extracellular magnesium increases
endothelial secretion of growth factors and cytokines, such as interleukin 1 (IL-1), which perpetuates
cell dysfunction and affects smooth muscle cell functions [98]. These factors have important
roles in the immune system. For example, IL-1α and IL-1β are cytokines that participate in the
regulation of immune responses, inflammatory reactions, and hematopoiesis [99]. Interleukin 6
(IL-6), also referred to as B-cell stimulatory factor-2 (BSF-2) and interferon beta-2, is a cytokine
involved in a wide variety of immune functions, such as antibody secretion, acute phase reaction,
and inflammation [100]. Interleukin 8 (IL-8), known as a neutrophil chemotactic factor, is a chemokine
produced by macrophages and other cell types, including epithelial cells, airway smooth muscle
cells [101], and endothelial cells.
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The most significant aspect of MBMs that are related to the immune response is hydrogen
gas production [102]. The expression of several pro-inflammatory factors can be decreased by
molecular H2, including TNF-α, IL-6, IL-1β, CCL2, IL-10, TNF-γ, IL-12, CAM-1 [103], HMGB-1 [104],
PGE2 [105], and nuclear factor-κB (NF-κB) [106]. The design of MBM implants should make use of the
immune response to improve implant integration while avoiding its perpetuation, leading to chronic
inflammation and foreign body reactions, and thus loss of intended function [32].

6. Tissue Growth

MBMs implanted into living tissue initiate host immune responses that reflect the first step
of tissue growth [107] and fibrous encapsulation [38]. There were concerns about tissue damage
because of the evolved hydrogen bubbles and alkalization of solution that are caused by magnesium
degradation [43,108]. In some cases, hydrogen bubbles from a degrading MBM surface can be
accumulated next to the implant and separate tissues and tissue layers, which will delay the healing
of the surgery region and lead to the necrosis of tissues [58]. However, promising studies of
magnesium-based biodegradable materials in vivo have shown that they can enhance new bone
formation in the vicinity of implantation, including the enhanced local formation of the periosteum
and endosteum, two distinct membrane layers that cover the outer and inner surfaces of the bone [109].
MBMs have been shown to be non-toxic and can stimulate bone tissue healing because a high
concentration of magnesium ions can lead to bone cell activation [12]. For cardiovascular tissue growth,
we recently studied Magnesium implantation in arteries both ex vivo and in vivo. Though there are gas
pockets in intima around the implanted Mg wire, the tissue showed normal morphology [4]. A complex
signaling network of growth factors includes epidermal growth factor (EGF), fibroblast growth factor
(FGF), granulocyte macrophage colony stimulating factor (GM-CSF), transform growth factor-β
(TGF-β), vascular endothelial growth factor (VEGF), and platelet derived growth factor (PDGF).
This signaling network controls adhesion, migration, proliferation, and differentiation of fibroblasts,
keratinocytes, and endothelial cells in wound healing [110]. According to Vroman Effect [18], during
the vascular wound healing process, blood proteins will deposit on MBMs surface in a provisional
matrix manner, which provides structural, biochemical, and cellular components to processes wound
healing [38].

Increased expression of collagen I extracellular matrix protein was found in human bone-derived
cells (HBDC) responding to Mg2+-enriched substrates [44], further suggesting that magnesium
promotes bone growth. In addition to magnesium, studies have shown that the Ca-P layer that
is generated by MBM implants can also promote tissue growth during the biodegradation process
both in vivo and in vitro [12,111]. This layer has been proven to facilitate the differentiation and
proliferation of osteoblastic cells in a Ca-P ratio-dependent manner, indicating that the Ca-P layer
promotes bone formation [112]. There is also Ca-P layer formation due to blood-triggered corrosion of
magnesium alloys [113]. The molecular mechanism of this effect has not been discovered yet; however,
it might be related to the ability of the Ca-P layer to increase cell adhesion and spreading.

There are still some molecules that have not been related to MBM implants that are associated with
tissue growth. For example, Damsky has suggested a role for the integrin molecules α5α1 and α3α1 in
bone formation [114]. It has also been shown that inhibitor of κB kinase–nuclear factor-κB (IKK-NF-κB)
inhibits osteoblastic bone formation by restricting the expression of Fos-related antigen-1 (Fra-1),
an essential transcription factor that is involved in bone matrix formation in vitro and in vivo [115].
Therefore, targeting IKK–NF-κB, α5α1, and α3α1 may help to promote bone formation and treat bone
resorption that occurs due to the inflammatory response after MBM implantation.

7. Systematic Integration

The biodegradation of Mg elicits an increase of Mg2+, hydrogen gas, and other corrosion products
to homeostasis. The molecules that have been proved or might be related to the responses to these
corrosion products are converged in Table 1. The molecules generally function in cell adhesion,
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transportation signaling, immune responses, and tissue growth. The further study of key molecules
that are involved in the in vivo and in vitro response to MBM implants, including their functions and
pathway, are advanced approaches to understand the biocompatibility of MBMs.

Table 1. Molecular factors involved in or possibly related to the response to magnesium-based materials
(MBM) implant corrosion products.

Biological
Responses

Mg2+ Ca-P H2

Cell Adhesion
α5β1-, α3β1-, β1-integrins [44],
Shc [46], FAK [44], vitronectin and
fibronectin [47,49], SERPINE 1 [56]

Transportation
Signaling

TRPM6/7 [67,81,82], SLC41A1 [68],
CLDN16/19 [76], CNNM2 [69]

CaSR [90,91],
BGP [84]

Immune
Response

IL-8, PDGF, TGF-β1, Angio1, βFGF,
VEGF, ET-1, CXCR-1, HIF-1α [39];
HMOX1 [56], IL-1, TNFα, IL-6 [97]; IL-1
α and IL-1 β [100]; BSF-2 [100]

TNF-α, IL-6, IL-1β,
CCL2 and IL-10, TNF-γ,
IL-12, CAM-1 [103];
HMGB-1 [104];
PGE2 [105], NF-κB [106]

Tissue Growth collagen I extracellular matrix protein [44]; EGF, FGF, GM-CSF, TGF-β, VEGF,
PDGF [110]; IKK-NF-κB [110,115]; α5α1 and α3α1 [114]

8. Conclusions

The biocompatibility and degradation properties of Mg alloys make them remarkable implant
materials. The most significant problem with MBMs is the difference in their corrosion behavior
between in vitro and in vivo studies, which reflects the difficulty in predicting the biological responses
of MBMs in the in vitro studies. Another problem is the rapid corrosion of MBMs and the products
generated as a result. Systematically understanding the cellular/molecular responses to MBMs
implants in the aspect of cell adhesion, transportation signaling, immune responses, and tissue growth
are innovative strategies to evaluate their long-term safety for clinical use.
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Abstract: Medical implants made of biodegradable materials could be advantageous for temporary
applications, such as mechanical support during bone-healing or as vascular stents to keep blood
vessels open. After completion of the healing process, the implant would disappear, avoiding
long-term side effects or the need for surgical removal. Various corrodible metal alloys based
on magnesium, iron or zinc have been proposed as sturdier and potentially less inflammatory
alternatives to degradable organic polymers, in particular for load-bearing applications. Despite the
recent introduction of magnesium-based screws, the remaining hurdles to routine clinical applications
are still challenging. These include limitations such as mechanical material characteristics or
unsuitable corrosion characteristics. In this article, the salient features and clinical prospects of
currently-investigated biodegradable implant materials are summarized, with a main focus on
magnesium alloys. A mechanism of action for the stimulation of bone growth due to the exertion
of mechanical force by magnesium corrosion products is discussed. To explain divergent in vitro
and in vivo effects of magnesium, a novel model for bacterial biofilm infections is proposed which
predicts crucial consequences for antibacterial implant strategies.

Keywords: bioresorbable implants; corrosion layer; vascular stents; orthopedic implants;
microbial infections

1. Introduction

For metallic implants, industrially-developed, inert and long-lasting materials, such as titanium
(Ti) alloys, stainless steel (SS) and cobalt–chromium (CoCr) alloys, are most frequently used [1–4].
The duration of the healing process is highly variable depending on the extent of injury, disease
state, age and treatment. In general, healing time may range from a brief one month period, up to
a six month period in more complex cases. Permanent implants are frequently removed after the
completion of the healing process to avoid diverse side effects. Long-term disadvantages of this practice
include the failure to adapt to rapid growth in young children, bone degradation by stress shielding,
microbial implant infections, excessive fibrosis or persistent inflammation. Novel bioresorbable
metal implants could provide support during the healing process, and then disappear to avoid
long-term side effects without requiring surgical removal [5,6]. Conventionally, initial material tests
are done most economically in vitro under precisely defined technical conditions. Subsequent assays
are performed under increasingly complex and more costly cell culture conditions, followed by
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small animal experiments and eventually tested in large animals or in clinical trials. However,
corrosion results obtained under simple technical conditions cannot be extrapolated to clinical
circumstances. In one study, the corrosion rate for magnesium alloys was reported to differ four orders
of magnitude between in vitro and in vivo conditions [7]. Due to inherent limitations in reproducing
the complexities of living tissue in vitro, this review preferentially refers to animal models or clinical
trials if available [8,9]. For molecular genetic and economic reasons, small animal studies are most
popular. However, for load bearing applications in particular, size is an important parameter that must
be kept in mind, and eventually large animal experiments and clinical data are essential. Even though
intense research efforts recently culminated in clinical reports, degradable metallic implants are not
yet routinely applied (see Section 7 for details). Compared to organic polymers, biodegradable metals
can achieve higher strengths and ductility and would therefore would be preferential for load bearing
applications such as bone plates, screws or coronary stents [10]. Three types of metal alloys have been
commonly-investigated as degradable implants for biomedical applications based on magnesium, iron
or zinc. The main purpose of this article is a brief and easily understandable overview of virtues and
clinical hurdles of self-degrading implants as screws, plates or intramedullary rods for load-bearing
orthopedic (musculoskeletal) applications or as vascular stents. In addition, a novel model for implant
infections is proposed to explain divergent effects of magnesium on bacteria in vitro and in vivo.

2. Material Requirements for Fully-Bioresorbable Vascular Stents

Clinical requirements provide the basis for the required implant material characteristics.
Age-related vascular malfunctions such as vessels clogged by a blood clot are of growing
importance [11,12]. One of the earliest effective treatments was antithrombotic therapy, but this
required some time until the clot was dissolved. Then, vascular stents, used to keep blood vessels
open, were shown to be superior, despite the fact that treatment had to be delayed to prevent patient
deaths. Balloon angioplasty is routinely applied and requires minimal invasive surgery. A small
folded stent on a balloon at the tip of a catheter is maneuvered through blood vessels until it is
located at the site of the restriction. The position within the body can be monitored with the help of
an X-ray camera. For this reason, an X-ray dense stent material is an advantage. Once positioned,
the balloon is inflated to unfold the stent. Stents are overextended to a limited degree to allow a
firm anchoring in the vessel wall to prevent migration, and to compensate for the inherent elastic
recoil of the stent after the balloon had deflated. The stent material must be sturdy enough to allow
for thin struts, minimize the recoil, and withstand the pressure of the tissue and the forces during
movements of the body [13]. It is clinically well established that thin, yet robust and highly ductile,
stainless steel or shape memory alloy stents fulfill these requirements. Nevertheless, initial stent
overextension and subsequent persistent mechanical stress, due to interactions with pulsing blood
vessel walls, stimulates smooth muscle cell proliferation in the vessel walls. In a process, termed
restenosis, a growing mass of proliferating vascular smooth muscle-related cells eventually obstruct
the stented vessel again. The blood flow may be reestablished by inserting a second stent or through
surgical bypass, leading to additional patient discomfort, risks and costs [14,15]. In clinical applications
restenosis has been successfully curbed by drug-eluting stents [16]. Thereby, unwanted cell growth is
suppressed locally by clinically well-established drug-loaded polymer coated stents that gradually
release immune suppressive agents like sirolimus or the antiproliferative-acting drug paclitaxel.
Even though these drugs could reduce the incidence of restenosis, serious side effects include a
delayed healing response, inflammation and persistent thrombosis risks [17–20]. This results in the
requirement of costly regular and prolonged antiplatelet treatments, and non-complying patients
drastically increase the thrombosis hazard [21]. Therefore, the application of drug-eluting stents
must be carefully considered for each patient individually depending on the restenosis risks and the
treatment-associated bleeding vulnerability. As an alternative, long-term side effects could be avoided
by using fully biodegradable stents which provide the essential support for a few weeks during the
healing process, and then completely disappear [22–25]. Key degradable stent material requirements
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are appropriate corrosion characteristics, biocompatibility, high elasticity to allow for small folded
stents and sufficient strength to resist collapsing.

3. Material Requirements for Degradable Orthopedic Implants

To allow healing, broken bones must be firmly stabilized to avoid even micro-movements under
the influence of considerable forces. Since inflammation may antagonize bone repair, the implant
must be highly biocompatible. Clinically, all requirements are met by sturdy plates, screws or
intramedullary nails made of titanium alloys or stainless steel. Nevertheless, after completion of
the healing process stress shielding implants are mostly removed since their prolonged presence
can lead to bone degradation [26]. Strong, tissue friendly self-degrading implants with bone-like
mechanical parameters, to minimize stress-shielding, and suitable degradation characteristics could
reduce such side effects. Furthermore, they allow patients to avoid a second surgery for implant
removal, making them a highly attractive option. Whereas conventional permanent implant materials
are sturdy and biologically inert, resorbable polymeric materials, as well as corrodible metals, have
distinct biological characteristics (Table 1). In the following table, the cardinal properties of the most
intensively investigated prospective biodegradable implant materials for load-bearing applications
are described.

Table 1. Basic properties of degradable implant materials.

Implant
Material

Degradation Speed
Physical and Corrosion

Characteristics
Biological Effects References

Organic
polymers Adjustable

Potentially flexible but mostly
too weak for load-bearing

applications; Implant swelling
in moist environments; X-ray

transparent

Inflammatory acidic
hydrolysis products [27,28]

Iron
Very slow, complete

degradation may require
several years

Sturdy but irregular corrosion
characteristics

Accumulation of
inflammatory iron

hydroxide particles in
various tissues

[29–31]

Zinc-based
Slow, life-time by far

exceeds expected
healing periods

Suboptimal strength Non-inflammatory [32,33]

Magnesium-based

Rapid, danger of
mechanical implant

failure before the healing
process is completed

Alloys with sufficient strength
available; compliance can be

adjusted; irregular pitting
corrosion; corrosion coat
formation due to slowly

dissolving solid precipitates
resulting in reduction of initial

corrosion rates

Non-inflammatory; gas
accumulation in the
tissue; accumulating

solid corrosion products
or gaseous hydrogen

may exert pressure on
non-yielding bony tissue

[34–36]

Surgical steel inert

Sturdy, suitable for
load-bearing applications,

allows for ductile thin
vascular stent struts

Non-inflammatory, inert [1]

Titanium inert Sturdy, highly suitable for
load-bearing applications

Non-inflammatory,
bone-friendly surface

oxide layer
[1]

4. Polymeric Vascular Stents

Even though they may act somewhat inflammatory compared to metals, biodegradable polymeric
implants have been routinely employed as suture material and to temporarily fix tendons to bones until
they eventually adhere by themselves [37,38]. Popular hydrolysable polymers used for bioresorbable
scaffolds are poly(lactic-co-glycolic) acid (PLGA), polylactic acid (PLA) or polyglycolic acid (PGA) [39].
A main research focus has been polymeric stents, resulting in data that revealed several features that
had to be optimized. Since polymeric materials are generally less sturdy than metals, thicker struts
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are required. This results in stents that are more difficult to direct through small vessels. Moreover,
they are X-ray transparent and therefore harder to localize in the patient. Polymers also tend to swell
in aqueous environments and acidic hydrolysis products can act inflammatory [27]. In experimental
animal models degrading polymer stents resulted in increased restenosis rates [40,41]. One of the first
commercially available fully absorbable polylactic acid stent (Absorb, Abbot) that was FDA approved
in 2016 dissolved in two to three years, but despite promising short-term results long-term side
effects were negative and sales were terminated by 2017 [42,43]. In clinical trials these polymer stents
were more difficult to insert due to the increased efforts required for imaging, and over a two-year
period induced higher rates of in-stent thrombosis than drug eluting metal stents [44]. In summary,
the presently investigated resorbable polymer stents were deemed inferior to established metal stents.

5. Iron as a Prospective Stent Material

Pure iron and iron alloys were proposed in 2001 for corrodible stent materials [45]. Despite
appropriate mechanical properties, iron implants take years to disappear. The corrosion rate is an
order of magnitude too small for the implant to disappear without long-term side effects [30,46,47].
The immediate oxidation products (Fe2+) and ferrous (Fe3+) ions are essential for life and presumably
non-toxic at the expected concentrations [48–52]. In pioneering animal experiments iron implants
analysis revealed insoluble iron hydroxide precipitates that accumulated mainly at the site of
implantation [45,53]. Further analyses, in a mouse model, revealed iron precipitates engulfed by
local cells. After a few weeks these iron laden cells could be detected in various organs throughout
the body [54]. In war veterans, corroding iron fragments from grenade splinters have been shown to
migrate in the body and to cause chronic inflammation [55–57]. Overall, the slow degradation rate
prolonged possible side effects after completion of the healing process, and inflammatory precipitates
impede clinical applications of iron implants.

6. Zinc Alloy Stents

Corrodible zinc-based implants have been introduced relatively recently in 2013 (reviewed
in [58]). Even though the mechanical properties can be adjusted according to the requirements,
zinc alloys, with a reported yield strength up to 300 MPa, are not as strong as titanium or stainless
steel [59]. When tested, zinc alloys corroded with favorable kinetics, faster than iron, but less
rapidly than magnesium alloys. Zinc alloy degradation products were considered sufficiently
biocompatible [60]. In a rat model, zinc stents were still structurally intact after four months in
the abdominal aorta. The implant and the relevant degradation product Zn2+ appeared non-toxic
and even anti-inflammatory [61]. One year after the implantation of a pure zinc stent in a rabbit
aorta, an examination revealed artery remodeling and tissue healing without signs of inflammation,
platelet aggregation or thrombosis [33]. It was therefore concluded that selected zinc alloys had
promising strength and excellent biocompatibility for prospective bio-corrodible stent applications [62].
Nevertheless, it remains to be demonstrated in clinical trials that zinc alloys provide advantages over
clinically established permanent metal alloys.

7. Characteristics of Magnesium-Based Implants

The first reported medical application of degradable magnesium alloys in humans, as ligature
wire, was investigated in 1878 [63]. Side effects included the occurrence of gas pockets in the tissue,
and rapid, irregular pitting corrosion leading to premature implant failure. In part, pure magnesium
has been experimentally used to simplify the interpretation of biological responses. In general, alloy
metals such as aluminum, calcium, lithium, zirconium and rare earth elements have been used to
adjust mechanical properties such as the same stiffness as bony tissue or to reduce the degradation rate.
In addition, grain refinement, protective surface coatings, and metallic glasses obtained by ultrafast
cooling techniques resulted in improved degradation characteristics, increased material strength and
bone-compatible elastic moduli [64–75].
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In biological environments magnesium reacts with water molecules in a pitting type corrosion
with kinetics that depend on the surrounding tissue [76–78]. In addition, irregular corrosion could lead
to premature mechanical implant failure [79,80]. The primary magnesium corrosion products—soluble
magnesium ions (Mg2+), hydroxide ions (OH-), and hydrogen gas (H2)—are well tolerated by the
body. Mg2+ ions are essential for living cells, by complexing with the energy carrier adenosine
triphosphate and numerous enzymatic processes, and excess Mg2+ can be excreted in the urine [81,82].
Soluble hydroxide ions could in principle lead to toxic pH increases [76]. However, in biological
environments magnesium implants appear highly biocompatible presumably due to an adequate
buffering capacity of the tissue. In addition, magnesium and hydroxide ions combine in a pH neutral
way, and, together with carbonic acid, phosphates and other components present in surrounding
body fluids, precipitate to form a corrosion-retarding and highly biocompatible implant-tissue
interface [83,84]. However, perhaps initially surprisingly, during corrosion these precipitates can
transiently lead to increases of the overall implant mass and volume. This is particularly critical
for implants in non-yielding bony tissue. Stimulation of new bone growth and calcium phosphate
deposition has also been observed. This may be due to magnesium hydroxide deposition, calcium
phosphate precipitation at the tissue interface and the exertion of mechanical stress by the resulting
volume increase [85–87]. One gram of Mg can generate around one liter of hydrogen gas. Hydrogen
gas is non-toxic and easily diffusible, but excessive corrosion can nevertheless lead to formation
of undesirable gas bubbles (emphysema) in surrounding soft tissue. Excessive corrosion may also
lead to a buildup of pressure in bone enclosed cavities and may, therefore, stimulate bone growth in
appropriate setups [88,89].

In orthopedic applications selected magnesium alloys could achieve mechanical properties
more similar to human bone than titanium or steel. This could be favorable as it would reduce
implant-associated stress shielding and bone degradation [90,91]. Magnesium-based screws have
been used in bone healing clinical trials without notable side effects reported by patients [92,93].
The first commercial magnesium screws (Magnezix, Syntellix, Hannover, Germany) were available
in 2013, and completely disappeared one to two years after implantation [94]. Furthermore, recently
an additional interference screw, made of an MgYREZr-alloy, has been introduced to the market
(Milagro; DePuy Mitek, Leeds, United Kingdom) [95]. A transient appearance of radio translucent
areas around magnesium implants was reported [96]. In fact, such a phenomenon would be expected
from the above proposed mechanism; an initial magnesium implant size expansion by the deposition
and the subsequent resorption of solid corrosion products, leaving a temporary void space to be filled
by bony tissue.

Vascular magnesium alloy stents with reduced corrosion rates have been shown to be mechanically
stable for up to 6 months in animal experiments and were eventually evaluated in clinical trials [97–103].
Polymer-coated drug-eluting magnesium stents (Magmaris and DREAMS; Biotronik AG, 231, Bülach,
Switzerland) were commercially offered and claimed to be resorbed to 95% within a year in clinical
trials. Thus, they may thereby overcome long-term side effects [104–106]. Both orthopedic and vascular
magnesium implants appear promising but, with the exception of small orthopedic implants like pins
or screws, the development of these options is still in its infancy, and a broader clinical applicability
needs to be demonstrated [107].

8. Magnesium Implant Infection Susceptibility Mechanism: Race for the Surface versus
Susceptible Tissue Surface Model

Bacterial implant infections are difficult problem to treat in orthopedics, particularly in non-sterile
environments like the oral cavity [108]. Bacteria can form recalcitrant biofilms on implant surfaces that
are resistant to conventional antibiotic treatments. As a last resort, the entire implant may have to be
removed to allow an efficacious antibiotic treatment before the implant can be replaced. Corroding
magnesium has been shown to act as an antibacterial in vitro due to the generation of hydroxide
ions and pH increases [109–112]. In animal studies, an enhanced susceptibility to bacterial infections
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has been observed [113,114]. The reasons that could enhance the susceptibility to infection in vivo
are not understood, and difficult to explain. Any model must take into account that the corrosion
effects are no different in vitro, where there is no such enhanced susceptibility. The proposed model is
an attempt to explain this observation. Conventionally, exposed implant surfaces are thought to be
susceptible to bacterial adherence in competition with host tissue adhesion [115]. To allow bacterial
adhesion and survival on the freshly implanted magnesium, toxic pH increases directly at the interface
would have to be prevented in vivo. Unfortunately, experimental observation of the initial steps of
bacterial invasion has not been accomplished so far. However, this scenario appears unlikely if a
freshly implanted magnesium surface does act bactericidal. Importantly, despite systemic antibiotic
treatment, bacterial biofilms on magnesium were observed. Not only were they observed on the
implant surface but, also in the adjacent tissue (Figure 1), suggesting that bacterial adhesion to the
implant may actually not be essential for biofilm formation [113].

Alternatively, similar to burn wound infections or keratitis, initial bacterial invasion could occur
via the wound liquid to susceptible wounded tissue surfaces (Figure 2) [116,117]. If true for implanted
materials other than magnesium, this scenario would predict dire consequences for implant infection
prevention strategies.

Figure 1. Bacterial biofilm in tissue pockets at a distance from the implant surface. Magnesium
discs subcutaneously implanted into standard BALB/c mice were immediately infected with
Pseudomonas aeruginosa. After one week, tissue adjacent to the implants was subjected to scanning
transmission electron microscopic analysis (for a more detailed description see Reference [113]).
Bacteria (upper arrow) surrounded by clear areas (lower arrow), indicating the presence of
exopolysaccharide matrix material, a typical biofilm component. Reproduced with permission from
J. Biomed. Mater. Res.; Published by Wiley 2016.
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Figure 2. Model proposing tissue infection as initial key step of bacterial implant infections.
(A) Conventional model. Consecutive steps of biofilm infections are shown from left to right. Planktonic
bacteria (brown) enter the wound-liquid-filled interspace (colorless) between implant (grey) and tissue
(pink). As a crucial step towards biofilm formation, bacteria first adhere to the implant surface and
form micro-colonies. After reaching a critical density, bacteria switch to the biofilm mode and secrete
extracellular matrix compounds. Biofilm features, such as the encapsulation in the matrix, nutrient
restriction and slow growth, render the associated bacteria highly resistant to the host immune defenses
and to antibiotics. Subsequently, secreted exotoxins and proteases allow bacteria to invade the adjacent
host tissue. Alternatively, adhesion of host tissue to the implant acts to protect the implant surface
from bacterial attachment and subsequent biofilm formation. Based on the in vitro results, in this
scenario magnesium implants would be expected to act bactericidal. (B) Tissue infection model. Under
normal circumstances contiguous epithelial cell layers protect living tissue, whereas wounding renders
tissue highly susceptible to bacterial infections. After implant insertion the essential initial bacterial
attachment occurs primarily at the susceptible injured tissue surface. Bacterial colonies growing on the
tissue surface eventually switch to the biofilm mode with analogous outcomes as in the conventional
model. While bacterial adhesion to the implant may occur, it plays no essential role for the course of the
infection. Adhesion of host tissue to the implant would still be important to antagonize infections but
predominantly to protect the wound tissue surface, and not the implant, from bacterial colonization.
Despite acting bactericidal upon close contact, the observed enhanced infection susceptibility of
magnesium implants is explained by interference of corroding magnesium with host tissue adhesion.
Factors that prolong the wound surface exposure to bacteria could be alkaline pH immediately after
implantation, and hydrogen gas evolution or eroding solid corrosion layers thereafter.

9. Implications for the Design of Antibacterial Implants

A wide variety of anti-infective implant strategies have been investigated, mostly in vitro [118].
In the light of the proposed tissue invasion model, in order to be efficacious, antibacterial substances
would need to be diffusible to reach bacteria in the vicinity of the implant. Therefore, implant
nanostructures that act antiadhesive, or passive coatings that act bactericidal upon contact, would not
be expected to curb infections in patients. In addition, implant features that affect tissue adhesion play
an important, through different, role than previously thought. That is, to primarily prevent bacterial
adhesion to the injured tissue rather than to the implant (Table 2). Even though magnesium implants
could not curb bacterial infections in mice, clinical data is needed before a final conclusion can be
drawn. In addition, several alternative strategies are presently investigated, such as antibiotic-releasing
coatings for magnesium-based implants or the addition of antibacterial acting alloy metals like silver,
copper, or zinc that release cytotoxic ions [119–125]. The major challenge for such an approach is to
maintain the balance of achieving efficacious bactericidal ion concentrations in vivo without damaging
the host tissue.
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Table 2. Implant features predicted by the tissue infection model to influence the susceptibility to
infections in vivo.

Ineffective Coatings Infection Risks Favorable Measures

Surfaces that antagonize
bacterial adhesion

Factors that hinder host tissue
adhesion; convex or

microporous surfaces

Surfaces favoring tissue
integration; smooth, flat or

concave forms;

Contact-dependent
bactericidal surfaces

Relative movement of
implants versus tissue

Antibacterial
substance-releasing coatings

10. Conclusions

In long-term clinical trials biodegradable polymeric stents were inferior to conventional
drug-eluting metal stents, while recently introduced biocorrodible magnesium-based bone screws
were without noticeable side effects. However, since in vitro tests and even small animal studies
cannot predict the outcome in human patients, long-term clinical confirmation of the expected benefits,
with regard to potential risks, are needed. In addition, a novel model for implant infections suggests
that host cell adhesion to implants is important to prevent bacterial invasion of the exposed host tissue
surface, and not, as previously thought, to prevent bacterial adhesion to the implant. The model
predicts that passive antibacterial implant coating strategies would not be efficacious in vivo.
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Abstract: The electrochemical corrosion characteristics of AZ31 and AZ61 magnesium alloys
were analyzed in terms of potentiodynamic tests and electrochemical impedance spectroscopy.
The influence of the solution composition and material surface finish was examined also through the
analysis of corrosion products created on the samples’ surface after electrochemical measurements
in terms of scanning electron microscopy using energy-dispersive spectroscopy. Obtained data
revealed the differences in the response of the magnesium alloys to enriched Hank’s Balanced
Salt Solution—HBSS+ (with Mg2+ and Ca2+ ions) and Hank’s Balanced Salt Solution—HBSS
(without Mg2+ and Ca2+ ions). Both examined alloys exhibited better corrosion resistance from
the thermodynamic and kinetic point of view in the enriched HBSS+. AZ61 magnesium alloy reached
higher values of polarization resistance than AZ31 magnesium alloy in both the used corrosion
solutions. Phosphate-based corrosion products were characteristic for the AZ31 and AZ61 alloys
tested in the HBSS (without Mg2+ and Ca2+ ions). The combination of phosphate-based corrosion
products and clusters of MgO and Mg(OH)2 was typical for the surface of samples tested in the
enriched HBSS+ (with Mg2+ and Ca2+ ions). Pitting corrosion attack was observed only in the case of
enriched HBSS+.

Keywords: magnesium alloy; AZ31; AZ61; HBSS; HBSS+; EIS; potentiodynamic test

1. Introduction

Magnesium is an essential element for living organisms, however, for technical purposes
is the magnesium used mainly in the form of alloys. Alloying elements improve magnesium
mechanical properties and it can be used to control its reactivity. Due to the suitable combination
of physico-mechanical properties, biocompatibility and non-toxicity specific magnesium alloys are
investigated for medical applications. In the case of orthopedic implants physical and mechanical
properties of magnesium alloys are also important. These properties are similar to the properties of a
human bone (e.g., density, compressive yield strength, ultimate tensile strength). Magnesium alloy
implants are moreover biocompatible and biodegradable [1–11]. As a result of chemical reactions with
the biological environment non-toxic corrosion products are created on the surface of the implants.
In the human body the magnesium alloy implants dissolve and are absorbed, which prevents surgical
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removal of the implants after tissue healing [5,6]. The disadvantage of magnesium and magnesium
alloys is their high reactivity at the physiological pH (7.4–7.6) as well as in physiological media
containing high concentrations of chloride ions, which could cause rapid disintegration of the implant
in the biological environment [7,8]. Furthermore, during the corrosion process of magnesium and its
alloys, the release of hydrogen gas may be too fast to be endured by the host tissues [9].

One way to influence corrosion resistance and mechanical properties of magnesium alloys is by
using high purity alloys that maintain metal impurities such as iron, nickel and copper below limits.
Examples of alloying elements of magnesium alloys for biodegradable implants for improvement of the
corrosion resistance of the alloys are calcium, zinc, etc. [10–15]. On the other hand, even the magnesium
alloys for medical applications have to have good mechanical properties and they have to also contain
other alloying elements. One of the basic alloying elements for magnesium mechanical and corrosion
properties improvement is aluminum. Even though Al has a positive effect on magnesium alloys
properties, the amount of Al added must be controlled in the case of alloys for medical applications.
A high concentration of Al was considered to possibly cause neurotoxic illnesses such as dementia or
Alzheimer’s disease. However, when Al is introduced into the human body in small concentrations,
for instance during dietary ingestion or consumption from natural or urban water supplies, then it is
naturally excreted through urine or in the form of bile [10,16–21].

Hank’s balanced salt solutions (HBSSs), which are one of the options for simulating the corrosive
environment of the body of living organisms are often used for analysis of the corrosion behavior
of magnesium alloys that are expected to be used in medicine applications. Mainly due to higher
chloride concentrations, HBSSs are more aggressive medium compared to artificial plasma. Sulfate ions
contained in HBSS can also result in higher corrosion rate of magnesium and its alloys compared to
other corrosion media used for material corrosion properties characterization [22–31].

The reactivity of material in the corrosion environment is, besides many aspects, influenced with
the chemical and phase composition of the material and chemical composition of the testing solution.

Electrochemical corrosion behavior of wrought AZ31 and AZ61 alloys in HBSS characterized by
Tkacz et al. in [32] revealed different response of the materials due to their chemical and phase
composition and surface finish. Based on the EIS (electrochemical impedance spectroscopy)
measurement results, AZ61 magnesium alloy was considered as more corrosion resistant when
compared to AZ31 magnesium alloy, while opposite conclusion can be considered based on the
potentiodynamic test results. Potentiodynamic tests revealed minor influence of the surface finish in
the case of AZ31 magnesium alloy represented for example by corrosion potential (Ecorr) values.
The samples with polished surface (Ecorr = −1.676 ± 0.003 V) were characteristic with more
positive value of Ecorr comparing to the ground samples (Ecorr = −1.701 ± 0.003 V). On the
other hand, no influence of surface finish was observed in the case of AZ61 magnesium alloy
(Ecorr = −1.708 ± 0.004 V for ground sample and Ecorr = −1.708 ± 0.003 V for polished sample).
No significant influence of surface finish was observed based on the EIS test results. The increase
of polarization resistance up to 24 h of immersion of the samples in the HBSS to the values of
approximately 4000 Ω·cm2 was characteristic for both the surface states of AZ31 magnesium alloy,
while increasing exposure time to the corrosion environment did not have any significant influence
on the polarization resistance and the value remained stable. In the case of AZ61 magnesium alloy a
significant increase of the values of polarization resistance up to the 48 h of exposure of the samples to
the corrosion environment was observed for both the material states, reaching the value of polarization
resistance of approximately 9000 Ω·cm2. Following an increase of immersion time resulted in an
additional increase of the Rp to the value of approximately 21,000 Ω·cm2 for ground and 17,000 Ω·cm2

for polished samples.
The influence of the chloride ions on corrosion behavior of Mg-Al-Zn based alloys was reported

in several studies. Ambat et al. studied in [33] the influence of chloride ion concentration and pH
on the corrosion and electrochemical behavior of die-cast and ingot-cast AZ91D alloy. The effect of
chloride ion concentration was studied in NaCl (0–10%) solutions at pH 7.25. The effect of pH was
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analyzed in solutions with the chloride ion concentration kept constant at 3.5% while the pH was
varied from 1.0–12.0. Material behavior was analyzed with immersion and potentiodynamic testing.
Increase in chloride ion concentration increased the corrosion rate of AZ91D magnesium alloy at
pH 7.25 and 12.0 for both the material states, however, at pH 2.0, the effect of chloride ion was found to
be negligible. High corrosion rate was observed for both the material states in highly acidic solutions,
while the corrosion rate was found to be low in neutral pH and alkaline conditions. The corrosion
rate determined from immersion tests was much higher than that obtained from electrochemical
measurements. The observation was attributed to the negative difference effect and to the physical
removal of β phase during corrosion. The differences between the response of material states to the
corrosion environment were discussed in terms of microstructural differences.

The effect of chloride ion concentration and pH on the corrosion (immersion tests) and
electrochemical behavior (potentiodynamic tests) of AZ63 alloy were studied in NaCl solutions at
different concentrations (0.01, 0.2, 0.6, 1 and 2 M) and pH values (2, 3, 8, 11 and 11.5) were studied
by Altun and Sen in [34]. Authors observed that the corrosion rate increased with the increase in
concentration of NaCl solution. However, it was observed, that with the increase in chloride ion
concentration, the rising rate of corrosion rate decreased. The corrosion rate increase with increasing
chloride ion concentration was attributed to the participation of chloride ions in the dissolution
reaction. Chloride ions are aggressive for both magnesium and aluminum. The adsorption of chloride
ions to oxide covered magnesium surface transforms Mg(OH)2 to easily soluble MgCl2. Authors also
observed a shift of the corrosion potential to more negative (more active) values with the increase in
chloride ion concentration. The explanation for this behavior was found in adsorption of these ions on
the alloy surface at weak parts of the oxide film. Corrosion potential was observed to be shifted to
more negative (more active) values with the decrease in pH value of the solution. Higher pH values
were discussed to favor the formation of Mg(OH)2 which protects the alloy from corrosion.

Merino et al. studied in [35] the influence of chloride ion concentration and temperature on the
corrosion of Mg-Al alloys in a salt fog with the focus on the effect of Al content in the alloy. The results
of their investigation showed that the corrosion attack of Mg, AZ31, AZ80 and AZ91D materials under
the salt fog test increases with increasing temperature and chloride anion concentration, while the effect
of temperature was considered to be more noticeable than that of chloride concentration. Authors also
analyzed the influence of the Al content and resulting presence of intermetallic phases on material
corrosion behavior. In the case of the wrought AZ31 only negligible influence of the present AlMn
based phase was observed, while in the case of cast AZ80 and AZ91 alloys the creation of galvanic
couples between Al-Mn and β-Mg17Al12 phases with the Mg matrix resulted in more pronounced
corrosion attack. Authors also observed the influence of the distribution, size and morphology of
the β phase and resulting Al-rich corrosion products layer created on the material surface during
the corrosion.

Influence of sulfate anion concentration and pH on the corrosion of Mg-Al-Zn-Mn (GA9)
magnesium alloy was investigated by Shetty et al. [36]. The studies were carried out in sodium
sulfate solutions with concentrations range of 0.1–2 M; and at different temperatures of 30–50 ◦C and
pH of 3.0–12.0. According to the experimental data, the corrosion rate of the alloy increased with
the increase in temperature, and also with the increase in the concentration of sodium sulfate in the
medium. It was observed that the rate of corrosion decreased with the increase in pH.

Even thought, magnesium alloys corrosion properties are widely investigated, most of the studies
are performed in NaCl and Na2SO4 solutions simulating corrosion environment in engineering
applications [33–36]. Corrosion behavior of magnesium alloys was studied in several types of
HBSS [22–32], however, the influence of the chemical composition of HBSS on corrosion processes is
not available in the literature according to the authors’ knowledge.

Corrosion characteristics of metallic materials can be analyzed in different ways. In this work,
electrochemical methods have been used to investigate the corrosion behavior of magnesium alloys.
Potentiodynamic tests and electrochemical impedance spectroscopy were used for the description of
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the material response to the HBSS and enriched HBSS+. Obtained data were discussed with the aim to
identify the influence of material chemical and phase composition, surface roughness and composition
of the corrosion solution on corrosion behavior. Values of corrosion potential (Ecorr) expressing
thermodynamics of the corrosion process and corrosion current density values (icorr) expressing the
kinetic of the corrosion process were obtained by potentiodynamic measurements. Corrosion potential
characteristic for the material expresses the thermodynamic stability of the system and the conditions
for material corrosion and its resistance against corrosion process. Kinetic of the corrosion process
can be shown by the evolution of the corrosion rate (vcorr) which can be calculated from the icorr.
Polarization resistance (Rp) values were obtained by electrochemical impedance spectroscopy (EIS).
Evolution of the corrosion products on the specimen surface was analyzed in terms of scanning electron
microscopy and correlated with the composition of the used corrosion solution.

The presented results show differences in electrochemical corrosion behavior of AZ31 and
AZ61 alloys in HBSS and enriched HBSS+ with the aim to characterize material behavior and
different response of ground and polished materials on the different chemical composition of the
corrosion solution.

2. Materials and Methods

2.1. Material

Wrought AZ31 and AZ61 magnesium alloys plates were used for the experiments. Metallographic
analysis and verification of chemical composition of the magnesium alloys were performed by
scanning electron microscope (SEM) (ZEISS EVO LS 10, Cambridge, UK) with energy dispersive
spectrometer (EDS) (OXFORD Instruments X-MAX 80 mm2, Abingdon, UK). Metallographic samples
for microstructural analysis were prepared in terms of a conventional procedure consisting of grinding,
polishing (diamond paste 1 μm) and etching (picral solution [37]).

2.2. Electrochemical Measurements

Wrought AZ31 and AZ61 alloys plates were cut to samples with dimensions of 20 × 20 × 2 mm3.
One batch of the samples of each magnesium alloy was ground with 1200 grit SiC paper with a particle
size of ~15 μm (marked #1200) and the second batch was additionally polished with diamond pastes
up to 0.25 μm (marked 0.25 μm). Wetting agent during polishing was isopropyl alcohol.

Electrochemical characteristics of the ground and polished samples were measured by
potentiostat/galvanostat BioLogic VSP-300 (BioLogic, Seyssinet-Pariset, France). Three-electrode
system was used for electrochemical measurements, where the magnesium alloy sample served as
a working electrode (WE), saturated calomel electrode (SCE) was used as a reference electrode (RE)
and platinum gauze was used as a counter electrode (CE). Used corrosion environment was enriched
HBSS+ (with the addition of Mg2+ and Ca2+ ions) and HBSS (without Mg2+ and Ca2+ ions) from [32]
was used to show the dependence of the response of the magnesium alloys on corrosion solution
composition. Experiments were performed at the temperature of 37 ± 1 ◦C. The composition of the
used HBSS and enriched HBSS+ is given in Table 1. An area of 1.0 cm2 of the sample was exposed to
the corrosion environment during the electrochemical testing. The stabilization time of the sample
exposed to the corrosion environment before the measurement was 5 min. Each electrochemical
measurement was performed on three specimens with adequate surface finish.

Table 1. Chemical composition of HBSS and enriched HBSS+ used in [32].

Solutions
Composition (mg·dm−3)

NaCl KCl KH2PO4 Glucose Na2HPO4 MgSO4 CaCl2 Na2CO3

HBSS 8000 400 60 1000 48 - - 350
Enriched HBSS+ 8000 400 60 1000 48 98 140 350
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Potentiodynamic measurements were performed by polarizing of the sample surface in the range
from −100 mV to +200 mV vs. open circuit potential (EOCP). Scan rate was 1 mV·s−1.

Electrochemical impedance spectroscopy (EIS) measurements were performed after exposure of
the sample surface to the enriched HBSS+ with Mg2+ and Ca2+ ions for 5 min, 1, 2, 4, 8, 12, 24, 48, 72,
96 and 168 h. EIS scan frequency ranged from 100 kHz to 100 mHz, and the perturbation amplitude
was 5 mV.

With the aim to determine the influence of the enriched HBSS+ with Mg2+ and Ca2+ ions on the
experimental material electrochemical corrosion behavior were the EIS measurements performed also
in the solution not containing addition Mg2+ and Ca2+ ions (Table 1).

The chemical composition of the corrosion products created on the surface of the AZ31 and
AZ61 alloys during EIS measurements was analyzed with SEM ZEISS EVO LS 10 with EDS OXFORD
Instruments X-MAX 80 mm2. The samples were rinsed with isopropyl alcohol and dried with air
before the analysis.

3. Results

3.1. Microstructural Analysis

The microstructure of the AZ31 magnesium alloy is consisted of polyhedral grains of the
substitutional solid solution α-Mg in which AlMn intermetallic phase particles were observed
(Figure 1) [38–40]. The distribution of the basic alloying elements revealed with the mapping mode by
EDS is shown in Figure 1. The chemical composition of the AZ31 magnesium alloy verified by EDS
is provided in Table 2. The content of the main alloying elements (Al, Zn and Mn) agrees with the
standard ASTM B90M [41].

Figure 1. Microstructure of AZ31 magnesium alloy SEM (Scanning Electron Microscope) with EDS
(Energy Dispersive Spectrometer) maps of the elements distribution: magnesium (Mg), aluminum (Al),
zinc (Zn) and manganese (Mn).

Table 2. Chemical composition of AZ31 magnesium alloy (EDS: Energy Dispersive Spectrometer).

Element Al Zn Mn Mg

Chemical composition (wt %) 3.2 0.9 0.4 balance

The microstructure of the AZ61 magnesium alloy is consists of polyhedral grains of the
substitution solid solution (α-Mg), β-phase (particles of Mg17Al12 intermetallic phase) and AlMn
intermetallic phase particles (Figure 2). The EDS mapping mode was used for the investigation of the
distribution of the basic alloying elements in the alloy (Figure 2). The chemical composition of the
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AZ61 magnesium alloy was verified by EDS (Table 3). The content of the main alloying elements (Al,
Zn and Mn) agrees with the standard ASTM B107M [42].

 

Figure 2. Microstructure of AZ61 magnesium alloy (SEM) with EDS maps of the elements distribution:
magnesium (Mg), aluminum (Al), zinc (Zn) and manganese (Mn).

Table 3. Chemical composition of AZ61 magnesium alloy (EDS).

Element Al Zn Mn Mg

Chemical composition (wt %) 6.0 0.7 0.3 balance

3.2. Potentiodynamic Measurements

Figure 3 shows typical potentiodynamic curves obtained with linear polarization of ground and
polished samples of AZ31 and AZ61 alloys. The pitting corrosion attack of all the tested samples
was revealed by an increase of current density at the anodic branch of the curves which belongs to
the value of pitting potential (Epit) [38]. The values of the corrosion current density (icorr) for the
AZ31 magnesium alloy were determined only from the cathodic branch of the polarization curves
applying the Tafel extrapolation. The Tafel region for the anodic branches of the potentiodynamic
curves characterizing AZ31 magnesium alloy was insufficient to use the Tafel extrapolation to obtain
relevant values of icorr, following the rule that the plane region has to be at least 50 mV [38] from the
Ecorr. On the other hand, icorr values for the AZ61 magnesium alloy were determined from both the
branches of the obtained polarization curves applying Tafel extrapolation.

Figure 3. Potentiodynamic curves of ground (#1200) and polished (0.25 μm) surface of AZ31 and AZ61
magnesium alloys in enriched HBSS+ (with Mg2+ and Ca2+ ions).
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For both the tested materials the finer surface (polishing with 0.25 μm diamond paste) resulted
in the potentiodynamic curve shift to more positive values of potential comparing to the curves
characterizing the ground samples.

The electrochemical characteristics estimated by potentiodynamic measurements: EOCP, Ecorr,
Epit, icorr and corrosion rate vcorr are given in Table 4. From the obtained data, a larger influence of
the surface finish can be observed in the case of AZ61 magnesium alloy when compared to the AZ31
magnesium alloy.

Table 4. Results of potentiodynamic tests performed in enriched HBSS+ (with Mg2+ and Ca2+ ions).

Alloy Finish EOCP (V) Ecorr (V) Epit (V) icorr (μA·cm−2) vcorr (μm·year−1)

AZ31—#1200 −1.721 ± 0.015 −1.556 ± 0.012 −1.500 ± 0.014 10.5 ± 0.8 234.6 ± 56.6
AZ61—#1200 −1.717 ± 0.014 −1.594 ± 0.014 −1.509 ± 0.009 5.5 ± 0.6 123.9 ± 40.6

AZ31—0.25 μm −1.674 ± 0.005 −1.538 ± 0.008 −1.474 ± 0.011 4.9 ± 0.5 112.5 ± 26.8
AZ61—0.25 μm −1.643 ± 0.013 −1.505 ± 0.011 −1.431 ± 0.011 7.4 ± 0.6 171.7 ± 43.4

3.3. Electrochemical Impedance Spectroscopy

Nyquist plots representing the data obtained with EIS for ground and polished samples of AZ31
and AZ61 alloys were analyzed applying equivalent circuits shown in Figure 4. These equivalent
circuits consist of resistance of the corrosion environment (solution) Rs, the resistance of layer of
corrosion products R1 and resistance of the magnesium alloy base material R2. In some cases,
the inductance L was present in the equivalent circuit, according to the character of the obtained
Nyquist plot. Constant phase element (CPE) represents capacity formed between the corrosion
environment and the corrosion products created on materials surface or the corrosion products and
the magnesium alloy, respectively. Polarization resistance Rp values were calculated according to the
equations presented under the equivalent circuits in Figure 4.

  

Figure 4. Equivalent circuits used to the evaluation of the obtained Nyquist plots: (a) with an inductive
loop in the equivalent circuit, (b) serial connection in the equivalent circuit and (c) parallel connection
in the equivalent circuit (CPE: Constant phase element).

Figure 5 shows Nyquist plots characterizing electrochemical corrosion behavior of ground and
polished samples of AZ31 and AZ61 alloys. Immersion times of the alloys in the corrosion environment
were from 5 min to 168 h. In all the plots at different immersion times, semicircles at high and low
frequencies are present. Obtained impedance data were analyzed using EC-Lab software and best-fitted
using the appropriate equivalent circuit model (Figure 4). The determined resulting Rp values are
given in Table 5.
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Figure 5. Nyquist plots of ground (#1200) and polished (0.25 μm) samples of AZ31 and AZ61
magnesium alloys obtained in enriched HBSS+ (with Mg2+ and Ca2+ ions): (a) AZ31—0.25 μm,
(b) AZ31—#1200, (c) AZ61—0.25 μm and (d) AZ61—#1200.

Table 5. Polarization resistance values obtained from EIS (electrochemical impedance spectroscopy)
measurements performed in enriched HBSS+ (with Mg2+ and Ca2+ ions).

Samples
Rp (Ω·cm2)

5 min 1 h 2 h 4 h 8 h 12 h

AZ31—#1200 5209 ± 531 3626 ± 773 3495 ± 40 3489 ± 101 3924 ± 36 5331 ± 217
AZ61—#1200 6256 ± 19 15,458 ± 31 16,501 ± 58 18,402 ± 68 15,509 ± 333 8800 ± 564

AZ31—0.25 μm 4805 ± 142 6604 ± 695 3544 ± 53 3711 ± 115 3962 ± 445 5102 ± 964
AZ61—0.25 μm 5916 ± 37 14,404 ± 207 12,277 ± 232 14,203 ± 33 9193 ± 280 15,471 ± 575

Samples 24 h 48 h 72 h 96 h 168 h -

AZ31—#1200 5201 ± 516 4163 ± 356 2667 ± 776 4949 ± 624 7481 ± 115 -
AZ61—#1200 27,005 ± 396 24,392 ± 768 22,903 ± 769 22,326 ± 850 15,691 ± 2500 -

AZ31—0.25 μm 4139 ± 478 4405 ± 706 3455 ± 171 3668 ± 92 4853 ± 532 -
AZ61—0.25 μm 9097 ± 501 9786 ± 1020 14,501 ± 1236 12,693 ± 126 10,759 ± 318 -

3.4. Characterization of Corrosion Products

Figure 6 shows the SEM images of the surface of the AZ31 and AZ61 alloys after EIS measurements
(168 h of immersion in enriched HBSS+ with Mg2+ and Ca2+ ions).

Figure 6. Cont.
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Figure 6. Morphology of the corrosion products present on the surface of tested samples after EIS
measurement (168 h of immersion in enriched HBSS+ with Mg2+ and Ca2+ ions): (a) AZ31—0.25 μm,
(b) AZ31—#1200, (c) AZ61—0.25 μm and (d) AZ61—#1200.

Chemical composition (Table 6) of corrosion products present on the surfaces of the tested samples
shows the presence of higher amount of oxygen and phosphorus indicating the presence of phosphates,
oxides and hydroxides of magnesium (or calcium respectively).

Table 6. Chemical composition of corrosion product on the surface of AZ31 and AZ61 magnesium
alloys after EIS measurements in enriched HBSS+ (with Mg2+ and Ca2+ ions).

Samples
Chemical Composition (wt %)

Mg Al Cl P O C Na Ca S

AZ31—#1200 7.3 0.3 0.3 15.3 42.8 5.5 0.4 28.0 0.1
AZ61—#1200 14.4 6.2 0.5 10.6 44.2 13.6 0.4 9.8 0.3

AZ31—0.25 μm 5.1 0.1 0.2 15.6 42.4 5.0 0.4 31.1 0.1
AZ61—0.25 μm 14.4 4.6 0.6 11.8 43.5 11.3 0.5 13.1 0.2

Comparing the surface morphology of AZ31 magnesium alloy with polished and ground surface
more pronounced cracking of the layer of corrosion products created on the sample surface can be seen
for the ground sample (Figure 6b). The surface of the samples was covered by corrosion products based
on MgO, Mg(OH)2 [43,44] and due to the used corrosion environment also phosphate-based corrosion
products [45]. While the amount of MgO and Mg(OH)2 products is comparable for both the sample
surfaces, the phosphate-based layer of corrosion products seems to be thicker for the ground sample
(cracked layer presented on the sample surface, below the clusters of MgO and Mg(OH)2 products).

Significantly smaller amount of MgO and Mg(OH)2 products were observed on the surface of
AZ61 magnesium alloy when compared to AZ31 magnesium alloy. Similarly, as in the case of AZ31
magnesium alloy also in the case of AZ61 magnesium alloy a layer of phosphate-based corrosion
products was observed on samples surface. Thicker layer (larger features and cracks) seems to appear
on the surface of ground AZ61 magnesium alloy comparing of the polished AZ61 magnesium alloy
(Figure 6c,d).

Figure 7 shows the SEM images of the surface of the AZ31 and AZ61 alloys after EIS measurements
(168 h of immersion in HBSS without Mg2+ and Ca2+ ions).
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Figure 7. Morphology of the surface after EIS (electrochemical impedance spectroscopy) measurements
(168 h of immersion in HBSS without Mg2+ and Ca2+ ions): (a) AZ31—0.25 μm, (b) AZ31—#1200,
(c) AZ61—0.25 μm and (d) AZ61—#1200.

Chemical composition (Table 7) of corrosion products present on the surfaces of the tested samples
from Figure 7 shows the presence of oxygen and phosphorus indicating the presence of phosphates,
oxides and hydroxides of magnesium.

Table 7. Chemical composition of corrosion product on the surface of AZ31 and AZ61 magnesium
alloys after EIS measurements in HBSS (without Mg2+ and Ca2+ ions).

Samples
Chemical Composition (wt %)

Mg Al Cl P O C Na

AZ31—#1200 31.4 4.1 0.8 7.7 43.2 12.1 0.7
AZ61—#1200 36.3 6.1 0.6 6.5 36.3 13.3 0.9

AZ31—0.25 μm 35.8 4.7 0.5 7.1 37.9 13.1 0.9
AZ61—0.25 μm 26.6 7.9 0.5 7.1 45.2 11.8 0.9

The layer of phosphate-based corrosion products was observed on all samples’ surfaces.
Thicker layer (larger features and cracks) seems to appear on the surface of polished AZ61 magnesium
alloy comparing of the ground AZ61 magnesium alloy (Figure 7c,d). In the phosphate-based layer on
the AZ31 magnesium alloy surface were regions without any visible corrosion products (Figure 7b).
On the polished surface of the AZ31 magnesium alloy (Figure 7a) were moreover present small amount
of MgO and Mg(OH)2 products.
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4. Discussion

The effect of the surface treatment (ground vs. polished surface) was observed during potentiodynamic
measurements on both types of tested magnesium alloys. In both the cases, more positive value
of corrosion potential, Ecorr (Table 4), was determined for the polished samples (0.25 μm) when
compared to the ground samples (#1200). The microstructure of the AZ61 magnesium alloy contains
a higher number of intermetallic phases (Mg17Al12 and AlMn, Figure 2) than the microstructure
of the AZ31 magnesium alloy containing only AlMn particles (Figure 1). All of these intermetallic
phase particles have more positive potential [46–48] than the substitution solid solution (α-Mg) which
caused the formation of microcells which usually result in the acceleration of the corrosion process.
The observations are in agreement with [49] where a positive effect of decreasing surface roughness on
AZ91 alloy electrochemical corrosion properties was presented. However, authors in [49] performed
the EIS measurement only 2 h of exposure of the material in 0.5 wt % NaCl solution and cannot detect
the influence of evolution of the layer of corrosion products and its adhesion to the material surface.

The difference in the Ecorr values determined for ground and polished surface was more significant
in the case of AZ61 magnesium alloy (Figure 8). The grinding process results in the higher roughness
of the treated surface comparing to the polished surface resulting in a larger real surface area exposed
to the corrosion environment [49]. Ecorr reaches more negative value comparing to the polished surface
and therefore the ground surface can be considered as less stable from a thermodynamic point of view
than the polished surface. While only a small amount of intermetallic phase particles was present in
the case of the AZ31 magnesium alloy, the effect of the chemical heterogeneity and surface roughness
was smaller compared to the AZ61 magnesium alloy samples. Corrosion potential Ecorr of the AZ31
and AZ61 alloys determined from measurements in HBSS without Mg2+ and Ca2+ ions reported by
authors in [32] have more negative values than data obtained in enriched HBSS+ with Mg2+ and
Ca2+ ions (Figure 8). In the [32] was not observed pitting corrosion attack of the samples (no pitting
potential Epit was observed on the curves) which indicate higher reactivity of tested magnesium alloys
in enriched HBSS+ probably caused by the content of Mg2+, Ca2+ and sulphate ions.

(a) (b) 

Figure 8. Comparison of (a) Ecorr and (b) icorr of ground (#1200) and polished (0.25 μm) surface AZ31
and AZ61 magnesium alloys in enriched HBSS+ (with Mg2+ and Ca2+ ions) and in HBSS (without
Mg2+ and Ca2+ ions [32]).

While in the case of AZ31 magnesium alloy a positive effect of polishing on the material response
of the corrosion environment from the kinetic point of view can be considered, opposite behavior was
observed in the case of AZ61 magnesium alloy. Polishing of the surface of AZ31 alloy resulted in 50%
decrease in the corrosion current density (icorr). However, the same treatment resulted in 50% increase
of the icorr in the case of the AZ61 alloy. However, this behavior can be also explained by the presence
on a large amount of intermetallic phase particles in the microstructure of AZ61 alloy and higher real
surface area after grinding process.
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Corrosion current density (icorr) and the resulting corrosion rate (vcorr) were higher in the corrosion
environment of HBSS without Mg2+ and Ca2+ ions reported in [32] (Figure 8). Comparing to the
presented data the differences in the values were mostly about ten times. This effect could be caused
by the presence or absence of especially Mg2+ ions in the solution. In the case of HBSS without Mg2+

and Ca2+ ions could play a role the concentration gradient [50–52]. Magnesium in the alloys reacts
with the corrosion environment to produce Mg2+ ions. In the beginning of the immersion of the
samples no Mg2+ ions are present in the solution. Thanks to the concentration gradient the Mg2+

ions migrate from the place with high concentration place of the ions (the surface of the samples) to
the place with low concentration of the ions (HBSS without Mg2+ and Ca2+ ions). This migration of
the Mg2+ ions supports reactions of the corrosion environment with the surface of AZ31 and AZ61
alloys. On the other hand, the concentration gradient of the enriched HBSS+ with Mg2+ and Ca2+

ions should be lower compared to the solution without the ions because of the primary presence of
the Mg2+ ions in the corrosion environment. The migration of the Mg2+ ions from the surface of the
alloys to the corrosion environment is not so fast (like in HBSS without Mg2+ and Ca2+ ions) which
reduces a number of the amount of reactions of the corrosion environment with the surface of the
magnesium alloys.

This theory is supported by the results presented in [33,34,36]. The authors describe the effect
of the chlorides and sulphate ions concentration on the corrosion resistance of magnesium alloys.
With the increasing content of these ions, the icorr values increased and vcorr, respectively. However,
when comparing icorr values (Figure 8) in HBSS and enriched HBSS+, this phenomenon did not
occur. Enriched HBSS+ contains more chloride and sulphate ions (Table 1) but icorr values are lower.
Corrosion behavior of magnesium alloys in corrosion environment with sulphate ions is usually
measured in sodium sulphate solution [36] where the absence of Mg2+ ions could cause higher
reactivity of the alloys.

Potentiodynamic measurements are only short-time measurements. All the measurements take
approximately 10 min (5 min of stabilization time and 5 min of measurement itself). Therefore,
the potentiodynamic measurements are affected by conditions at the beginning of the measurement
like the concentration of specific ions in the solution, concentration gradient, etc. Moreover, if the
corrosion potential (Epit) appear, no Tafel region could be observed in the anodic branch of the
polarization curves [38].

From the long-time point of view the corrosion behavior of AZ31 and AZ61 alloys can be
characterized by EIS. Electrochemical corrosion behavior of the magnesium alloys in enriched HBSS+
with Mg2+ and Ca2+ ions represented by the evolution of polarization resistance is shown in Figure 9a.

While almost no influence of the surface finish was observed in the case of AZ31 magnesium alloy,
higher values of polarization resistance were observed for ground AZ61 magnesium alloy comparing
to the polished material state.

Figure 9. Polarization resistance Rp of ground (#1200) and polished (0.25 μm) surface of AZ31 and
AZ61 magnesium alloys: (a) in enriched HBSS+ (with Mg2+ and Ca2+ ions) and (b) in HBSS (without
Mg2+ and Ca2+ ions [32]).

44



Metals 2017, 7, 465

In the case of AZ31 magnesium alloy the values of polarization resistance oscillated around
4000 Ω·cm2 for all the times of measurement for both the material states. The similar resistivity of both
the material states can be connected with similar corrosion products (amount and character) observed
on material surfaces (Figure 6a,b). On the surfaces of both the analyzed samples was observed the
presence of a layer of magnesium phosphate (Mg3(PO4)2) and hydroxiapatite (Ca10(PO4)6(OH)2)
primarily created on the sample surface and covered by large number of clusters of MgO and Mg(OH)2

products [45,53]. The assumption that the layer of the magnesium phosphate (Mg3(PO4)2) and
hydroxiapatite (Ca10(PO4)6(OH)2) is thicker (Figure 6) in the case of ground sample correlate with
slightly higher values of Rp determined for the material state (Table 5). However, material surface
finish did not show any significant influence on AZ31 magnesium alloy corrosion resistivity in enriched
HBSS+ with Mg2+ and Ca2+ ions from the long-time point of view.

In the case of ground AZ61 magnesium alloy an increase of Rp up to 24 h of exposure followed
by its decrease back to the value characteristic for the beginning of the experiment was observed
(Table 5 and Figure 8a). In the case of polished AZ61 magnesium alloy a decrease of Rp up to 24 h
of exposure, it follows an increase up to 72 h of exposure followed by an additional decrease to the
value lower than the resistance of material on the beginning of the exposure was observed (Table 5 and
Figure 8). Higher values of Rp comparing to the AZ31 magnesium alloy can be explained by material
higher chemical heterogeneity and thus faster evolution of corrosion products on the material surface.
On the other hand, the differences between the polarization resistance of the ground and polished
AZ61 magnesium alloy can be corresponding to the higher material surface roughness. Higher real
surface area of the rough ground samples can be connected by faster growth of the layer of magnesium
phosphate (Mg3(PO4)2) and hydroxiapatite (Ca10(PO4)6(OH)2) on sample surface comparing to the
polished sample surface. This was also observed in Figure 6c,d, where the thicker layer of corrosion
products was assumed for the ground sample when compared to the polished sample. The not stable
evolution of the Rp in time can correlate with the thicker layer of corrosion products and its cracking,
corrosion or remove from the samples surface, which was observed only in a minor form in the case of
AZ31 magnesium alloy with the stable evolution of Rp in time. The presence of inductive loop L [54,55]
in the equivalent circuit implies the occurrence of pitting corrosion on the magnesium alloy’s surface.

The values of polarization resistance Rp are quite high at the beginning of exposition of the
samples in the corrosion environment. The values of Rp support the theory of Mg2+ ions concentration
gradient as well as in the case of explanation for icorr change (vcorr respectively). Magnesium reacts
more slowly when Mg2+ ions are present in the corrosion environments as itself (enriched HBSS+ with
Mg2+ and Ca2+ ions). Helmholtz double layer created on the interface magnesium alloy/corrosion
environment is more stable as in the case of HBSS without Mg2+ ions and the resistance of the material
is high.

The opposite phenomenon can be observed in the case of HBSS without Mg2+ and Ca2+ ions.
At the beginning of the exposition of the samples to this corrosion environment the Rp values are lower
(Figure 9b) than in the case of the enriched HBSS+ with Mg2+ and Ca2+ ions and the value increase
with increasing time of exposure to the corrosion environment.

Up to 24 h of exposure comparable values of Rp were determined for both the alloys and for both
the material states in HBSS without Mg2+ and Ca2+ ions (Figure 9b). With increasing exposure time
the values of Rp slowly decreased for AZ31 magnesium alloy, while slightly higher values of Rp were
determined for the ground samples. This observation corresponds to the smaller number of cracks in
the layer of corrosion products present on the surface of ground samples comparing to the polished
samples (Figure 7a,b). An increase of Rp above 24 h of exposure to the corrosion environment was
observed for AZ61 magnesium alloy, while the highest values were determined for 168 h of exposure
to the HBSS without Mg2+ and Ca2+ ions (Figure 9b). Same as in the case of the AZ31 alloy, also in the
case of AZ61 alloy slightly higher values of Rp were determined for the ground samples. Figure 7c,d
showing the surface of the samples after the EIS measurements can exhibit the explanation for this
material behavior. While the smaller number of finer cracks were observed on the surface of the layer
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of corrosion products created on the ground sample compared to the deep and large cracks observed
on the surface of the polished sample.

In the both corrosion environments, the influence of corrosion products must be taken into
account when predicting material corrosion behavior, because magnesium and its alloys are very
reactive by themselves. The corrosion layer behaves as a barrier against the further access of corrosion
environment to the surface of the magnesium alloys. The layers of the corrosion products are composed
mainly of the oxides, hydroxides, phosphates and chlorides [45]. However, the layer is porous and
uncompacted (cracks are present in Figures 6 and 7) which leads to other reactions in the corrosion
environments of the samples. Even though, different corrosion products are created on the surface of
AZ31 and AZ61 alloys due to the chemical composition of the used corrosion solution, more stable
material behavior was observed for the AZ31 magnesium alloy samples in both of the solutions.
AZ61 magnesium alloy exhibited more stable corrosion response in the HBSS without Mg2+ and Ca2+

ions [32] comparing to its behavior in enriched HBSS+ with Mg2+ and Ca2+ ions.

5. Conclusions

This work was focused on the evaluation of corrosion behavior of AZ31 and AZ61 magnesium
alloys in enriched HBSS+ (with Mg2+ and Ca2+ ions) by electrochemical methods and the results were
compared with results presented in [32]. The results of the work can be summarized as follows:

(1) Electrochemical corrosion properties of AZ31 and AZ61 alloys are dependent on corrosion
environment composition.

(2) AZ31 and AZ61 alloys had more positive corrosion potential Ecorr and significantly lower values
of corrosion current density icorr in the enriched HBSS+ (with Mg2+ and Ca2+ ions) comparing to
the standard HBSS (without Mg2+ and Ca2+ ions). It was also observed that the pitting corrosion
attack with pitting potential Epit in the enriched HBSS+ solution (with Mg2+ and Ca2+ ions)
which resulted in less uniform corrosion attack (less predictable material behavior) of the material
compared to material behavior in HBSS.

(3) No significant influence of the surface treatment (ground vs. polished) was observed during EIS
measurements of AZ31 magnesium alloy performed in both types of the HBSSs.

(4) Polarization resistance Rp of AZ61 magnesium alloy in enriched HBSS+ (with Mg2+ and Ca2+

ions) was affected by surface treatment. Rp values of ground samples were higher than Rp of
polished samples, after 24 h of exposure.

(5) AZ61 magnesium alloy reached higher Rp values than AZ31 magnesium alloy in both the used
HBSSs which indicated better corrosion resistivity.

(6) While only phosphate-based corrosion products layer was characteristic for magnesium alloys
EIS tested in HBSS, the combination of phosphate-based corrosion products layer and clusters
of MgO and Mg(OH)2 products were presented on the surface of specimens tested in enriched
HBSS+ (with Mg2+ and Ca2+ ions).
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Abstract: Magnesium with its mechanical properties and nontoxicity is predetermined as a
material for biomedical applications; however, its high reactivity is a limiting factor for its
usage. Powder metallurgy is one of the promising methods for the enhancement of material
mechanical properties and, due to the introduced plastic deformation, can also have a positive
influence on corrosion resistance. Pure magnesium samples were prepared via powder metallurgy.
Compacting pressures from 100 MPa to 500 MPa were used for samples’ preparation at room
temperature and elevated temperatures. The microstructure of the obtained compacts was analyzed
in terms of microscopy. The three-point bending test and microhardness testing were adopted
to define the compacts’ mechanical properties, discussing the results with respect to fractographic
analysis. Electrochemical corrosion properties analyzed with electrochemical impedance spectroscopy
carried out in HBSS (Hank’s Balanced Salt Solution) and enriched HBSS were correlated with the
metallographic analysis of the corrosion process. Cold compacted materials were very brittle with
low strength (up to 50 MPa) and microhardness (up to 50 HV (load: 0.025 kg)) and degraded
rapidly in both solutions. Hot pressed materials yielded much higher strength (up to 250 MPa)
and microhardness (up to 65 HV (load: 0.025 kg)), and the electrochemical characteristics were
significantly better when compared to the cold compacted samples. Temperatures of 300 ◦C and
400 ◦C and high compacting pressures from 300 MPa to 500 MPa had a positive influence on material
bonding, mechanical and electrochemical properties. A compacting temperature of 500 ◦C had a
detrimental effect on material compaction when using pressure above 200 MPa.

Keywords: magnesium; powder metallurgy; cold pressing; hot pressing; EIS (Electrochemical
impedance spectroscopy); three-point bending test; corrosion

1. Introduction

Magnesium and its alloys are modern lightweight materials applicable in a wide range of
industrial fields from aerospace and automotive to biomedical applications. Its main advantages are a
good strength to weight ratio and biocompatibility in combination with biodegradability. However,
due to the high reactivity of pure Mg and the mechanical properties, not really sufficient for engineering
applications, mainly magnesium alloys are used [1–4].
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Good mechanical properties of magnesium and its alloys can be furthermore significantly
upgraded by decreasing the grain size, nowadays performed mainly via severe plastic deformation
(SPD) techniques [3,5], powder metallurgy (PM) processing [1,2,6,7] or by a combination of both
methods. Decreasing the metallic grain size within the material volume, either by alloying elements,
SPD methods, such as extrusion, equal channel angular pressing (ECAP) and high-pressure torsion
(HPT) or PM, leads to increase of hardness, tensile and yield strength, but the plasticity of the material
was shown to be decreased [6–10].

PM processing of magnesium is influenced by its high affinity to oxygen, which results in the
formation of a thermodynamically-stable layer of corrosion products on the magnesium powder
particles’ surface. The created layer dramatically inhibits the diffusion processes required for material
densification during PM processing [4]. Because of the high affinity of magnesium to oxygen,
a protective atmosphere (usually argon or nitrogen) has to be used for handling of magnesium
powders and specimens, as well as for subsequent sintering [4].

Applying high pressures at elevated temperatures (hot pressing) to process magnesium results in
high plastic deformation of powder particles. Powder particles’ deformation leads to cracking of the
layer of corrosion products normally present on the powder particles’ surface [11–13]. The applied
plastic deformation results in an increase of the contact area of powder particles and, in combination
with the applied temperature, enhances the diffusion processes. Increasing compacting pressures
usually also lead to a decrease in the porosity of the processed bulk material [11–13]. The porosity of
the processed bulk material is usually considered as a disadvantage of the PM processing techniques.
However, the porous biocompatible material can be incorporated well into the tissue and can degrade
at a specific rate, which provides a tool for the tailoring properties of PM processed materials for
biomedical applications [14,15]. The functional porosity of a PM processed magnesium-based implant
would support the primary fixation and the degradation of the implant by enabling the ingrowth
of bone cells (osteointegration) into the degrading implant. Furthermore, the corrosion products of
magnesium, created during implant biodegradation, support osteoconductivity of the bone [4].

Changes in porosity also have a significant effect on corrosion resistance and corrosion attack
progression within the material volume. Highly porous materials corrode very rapidly, as a larger
area of the material surface is exposed to the corrosion environment. Corrosion resistance of either
pure magnesium or magnesium alloys is seldom suitable for technical applications or even biomedical
applications [3,9,16–20]. Magnesium corrosion resistance can be improved by alloying the metal with
aluminum, zinc or rare earth metal elements; however, for significantly better corrosion resistance,
another way of reducing the degradation rate must be considered. Conversion coatings are widely
studied as corrosion protection for magnesium and its alloys. Fluoride and calcium phosphate-based
conversion coatings have a great potential of reducing the corrosion rate of biomedical magnesium
implants [1–4,12–24].

Electrochemical characterization of PM magnesium materials is commonly carried out either in
NaCl solution or in Hank's Balanced Salt Solution (HBSS) or enriched HBSS [21,25–29]. Electrochemical
impedance spectroscopy (EIS) measurements provide complex information of the material degradation
characteristics during exposure in corrosion medium in time. From the chemical point of view, several
specific reactions can occur in HBSS and enriched HBSS medium due to the additional content of
several ions when compared to NaCl solution [30].

The properties of pure magnesium materials prepared via PM methods are seldom
studied [15,27,31–33] or the studies refer to wrought pure magnesium materials [5]. Most of the available
studies characterize the PM processed pure magnesium and magnesium-based materials in terms of
mechanical and corrosion properties; however, the analyses are focused on the influence of the material
porosity due to its possible use for biomedical applications in the form of the porous implants.

Porous magnesium samples with different porosity (due to the addition of an ammonium
bicarbonate powder) structures and mechanical properties were analyzed in [31]. Magnesium powder
samples with different porosities, due to the spacer addition, were prepared by uniaxial cold pressing
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(265 MPa) with additional heat treatment (for removal of hexane and sintering at 550 ◦C for 6 h). In the
case of pure magnesium compacts, the porosity of 12 vol % corresponded to a flexural strength of
38 MPa. The increase of the compacts’ porosity was observed to be accompanied by the mechanical
properties’ decrease (the porosity of 38 vol % corresponded to the flexural strength of 4.4 MPa).
The negative influence of the porosity was observed also in the case of material immersion into 9 g/L
NaCl solution.

The same authors studied also the influence of the purity of the argon atmosphere on final PM
processed magnesium-based material properties in [32], varying the sintering times as 0 h, 3 h, 6 h, 12 h
and 24 h. While the samples prepared using technical Ar reached similar porosities in the sintering
time range, the porosity of the samples prepared using gettered Ar was observed to decrease with
increasing sintering time. Under a gettered Ar atmosphere, a prolonged sintering time enhanced
diffusion connections between magnesium particles and improved the mechanical properties of the
samples (flexural strength of 9 MPa for 3 h and 115.4 MPa for 24 h), whereas under a technical Ar
atmosphere (flexural strength of 5 MPa for 3 h and 3.4 MPa for 24 h), oxidation at the particle surfaces
caused deterioration in the mechanical properties of the samples.

Mechanical properties and corrosion resistance of cold pressed magnesium (310 MPa) and
extruded at 420 ◦C employing an extrusion ratio of 16:1 were studied in [24]. Processed material
reached the ultimate tensile strength of 320 MPa, a yield stress of 280 MPa and 2% ductility. The reached
values were higher when compared to a coarse-grained cast AZ31 magnesium alloy, except material
ductility. PM processed pure magnesium mechanical properties were superior to those of cast
pure magnesium as provided by the authors. Silane film and anticorrosive paint were shown to
enhance the corrosion behavior of PM magnesium during the first hours of immersion, but their
protection effectiveness completely disappears after two days. For longer immersion times, the fluoride
conversion coating prepared in HF solution was shown to be an effective barrier to protect PM
magnesium from degradation.

Pre-rolling of magnesium powder prior to spark plasma sintering and hot extrusion was used for
material grain refinement in [6]. The grain size obtained for the material extruded from the powders
after 5 and 10 rolling pre-treatments decreased from 9.2 μm (only extruded Mg) to 2.9 μm and 2.1 μm,
respectively. The grain refinement resulted in an ultimate tensile strength increase from 242 MPa for
extruded pure magnesium to a value of 270.6 MPa for material extruded after sintering of 10 times
pre-rolled powder. Yield stress was improved from 170 MPa to 206.4 MPa by the pre-rolling of powder.

The aim of this study is to evaluate the microstructural, mechanical and electrochemical
properties of pure magnesium-based PM processed materials when varying the processing parameters.
Materials were prepared via hot pressing at temperatures of 300 ◦C, 400 ◦C and 500 ◦C applying
pressures of 100 MPa, 200 MPa, 300 MPa, 400 MPa and 500 MPa. For comparison, cold compacted
materials prepared under the same compaction pressures were analyzed in the same manner.
The mechanical properties of compacts were analyzed in terms of the three-point bending test
containing fractographic analysis and with microhardness testing. Electrochemical corrosion
characteristics of the processed materials in HBSS and enriched HBSS were analyzed using
electrochemical impedance spectroscopy, and the data were extended by metallographic analysis
of the corrosion attack within the material volume.

2. Materials and Methods

Magnesium powder used in this study (Figure 1) was irregularly shaped with an average particle
size of approximately 30 μm. The purity of the base material was 99.8% as declared by supplier
Goodfellow (Huntingdon, UK); however, an oxide layer was found on the surface of powder particles
using the scanning electron microscope (SEM, ZEISS EVO LS 10, Carl Zeiss Ltd., Cambridge, UK)
using energy dispersive spectroscopy (EDS, Oxford Instruments plc, Abingdon, UK). This layer is to
be expected on the surface of magnesium, and it was probably presented on the particles from the
powder preparation.
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Figure 1. Magnesium powder SEM (scanning electron microscope): powder particles’ morphology
and size distribution.

For metallographic and electrochemical analysis, cylindrical compacts of 5 mm in height and
20 mm in diameter were prepared using a steel die. The preparation of the magnesium powder
into the steel die for compaction was carried out under a nitrogen atmosphere to avoid further
oxygen contamination. Magnesium powder (2.7 g) inserted into the steel die was compacted into
compacts applying different uniaxial pressures; 100 MPa, 200 MPa, 300 MPa, 400 MPa and 500 MPa.
Compaction was carried out using the Zwick Z250 Allround-Line machine (Zwick GmbH&Co. KG in
Germany, Ulm, Germany) at room temperature and at elevated temperatures of 300 ◦C, 400 ◦C and
500 ◦C for one hour.

The microstructure of prepared samples was studied on cross-sectional cuts using SEM (ZEISS
EVO LS 10) and a light optical microscope (LM, Zeiss Axio Observer Z1m, Carl Zeiss AG,
Oberkochen, Germany). The internal structure of the compacts and the created grain size were
analyzed with the electron backscattered diffraction (EBSD) technique (SEM, Tescan LYRA 3 XMU
FEG/SEMxFIB, TESCAN Brno, s.r.o., Brno, Czech Republic). The step size of the method was 0.3 μm.
Samples’ cross-sections intended for metallographic analysis were mold into a polymeric resin at room
temperature, ground and polished according to the standard procedures of metallographic samples’
preparation. To reveal the microstructure, a 5% Nital etchant (5% nitric acid in ethanol) was used for
several seconds. Compacts’ porosity was estimated from calculated density (calculated from sample
dimensions and weight) considering a density of cast pure magnesium as the 0 porosity standard.

Microhardness testing was conducted on cross-sections of prepared compacts using the LECO
AMH LM 248 microhardness tester (LECO Corporation, Saint Joseph, MI, USA) according to the ISO
6507-1 standard. For all the measurement, 25 g of load and a 10-s dwell time were used. The three-point
bending test was carried out on samples with dimensions of 4 mm in height, 4 mm in width and
18 mm in length cut from the compacts, according to the ISO 7438 standard. The test machine used for
the three-point bending test was the Zwick Z020 (Zwick GmbH&Co. KG in Germany, Ulm, Germany);
the radius of the supports and the point was 2.5 mm; the distance between supports was 16 mm;
and the velocity of applied loading was 1 mm/min. The three-point bending test was performed on
one sample for each material preparation method.

Potentiostatic electrochemical impedance spectroscopy (EIS) was used as a method for the
characterization of the prepared magnesium samples’ electrochemical corrosion characteristics. The three
electrode cell system was used for the measurement with the Pt electrode as the counter electrode and
the calomel electrode as the reference electrode, and the sample (1 cm2 exposed area) served as the
working electrode. With the aim to remove a layer of corrosion products created on the compacts’
surface, each sample was ground using 4000 SiC paper and rinsed with isopropanol just before the
measurement. Measurements were carried out in HBSS and enriched HBSS (containing Mg2+ and Ca2+

ions). The composition of the used solutions is given in Table 1. The frequency used for the measurements
was in the range from 100 kHz to 10 MHz, with the signal amplitude of 10 mV. All the measurements
were carried out at laboratory temperature. EIS data were obtained after 5 min, 1 h, 2 h, 4 h, 8 h, 12
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h, 24 h, 48 h, 72 h and 96 h of immersion. Each measurement time was 25.8 min. Due to the open
porosity of the cold pressed samples, only cold pressed samples prepared under 500 MPa compacting
pressure were used for the electrochemical corrosion characterization. In the case of hot pressing, samples
prepared under 100 MPa and 500 MPa prepared at 400 ◦C were used for EIS measurements with the aim
to reveal differences in material electrochemical corrosion behavior according to the processing conditions.
Each material type was characterized by measurements performed on three samples.

Table 1. Composition of the HBSS (Hank’s Balanced Salt Solution) and enriched HBSS (supplied by
GE (General Electric) Healthcare) used.

Component
Concentration (mg·dm−3)

HBSS Enriched HBSS

NaCl 8000 8000
KCl 400 400

KH2PO4 60 60
Glucose 1000 1000

Na2HPO4 48 48
MgSO4 - 98
CaCl2 - 140

Na2CO3 350 350

3. Results

3.1. Microstructure Characterization

The microstructure of the selected samples of pure magnesium compacts and details showing
characteristic features of the material are presented in Figure 2. Microstructural analysis revealed
that with increasing compaction pressure, the deformation of the powder particle increased and the
porosity decreased. This trend was apparent in all the prepared samples compacted at elevated and
room temperature.

 
(a) 

 
(b) 

 
(c) 

 
(d) 

Figure 2. Cont.
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(g) (h) 

Figure 2. Microstructure of selected samples: (a,b) cold compacted at 100 MPa; (c,d) cold compacted at
500 MPa; (e,f) hot pressed at 100 MPa, 400 ◦C; (g,h) hot pressed at 500 MPa, 400 ◦C; pores are indicated
with arrows.

A significant change in porosity is visible when cold pressed (Figure 2a,b) and hot pressed
materials (Figure 2c,d) prepared under compacting pressure of 100 MPa are compared. In cold
compacted material, the porosity is open, and metallographic resin used for the sample molding is
present in the microstructure (arrows in Figure 2a,b). The hot pressed sample contained also some
pores in the microstructure (Figure 2e); however, they were much smaller when compared to the cold
pressed sample (Figure 2a). Only the oxide layer present on the powder particles’ surface can be seen
in Figure 2f; no metallographic resin is observed in the pores. Hot pressing under 500 MPa at 400 ◦C
led to a further decrease in porosity (Figure 2g,h).

Applying higher pressures during sample preparation led to a significant decrease of porosity
in the cold compacted samples, as well as in the hot pressed samples. The level of deformation of
the powder particles increased with increasing the compacting pressure. However, the change was
observed to be increasing from 100 MPa up to 300 MPa compacting pressures, while the shape and
the level of deformation of the powder particles in the case of cold and hot pressed samples did not
change for compacting pressures from 300 MPa to 500 MPa. The size of metallic grains within the
powder particles was impossible to calculate using light microscopy (Figure 2). Electron backscattered
diffraction was therefore applied to reveal the basic metallic structure of the samples (Figure 3).

The main difference in the microstructure between cold and hot pressed samples applying
higher pressures than 300 MPa was revealed by EBSD. In Figure 3, EBSD maps of cold compacted
and hot pressed (400 ◦C, 1 h) samples prepared under 400 MPa are shown. In the case of the cold
compacted sample, very fine grains were created in the powder particle during the material compaction
(Figure 3a,b). However, the material on the powder particles’ interface was not identified by EBSD,
which indicates that the powder particles are not diffusion bonded. Larger grains were created in the
magnesium powder particles compacted at 400 ◦C (Figure 3c,d). The observed metallic grains are
connected to the metallic grains created in the neighboring powder particles, which indicates the good
connection of the material structure and promotes powder particles’ bonding.

55



Metals 2017, 7, 461

  

(a) (b)

 
 

(c) (d)

Figure 3. Electron backscattered diffraction (EBSD) analysis of cold compacted and hot pressed material:
(a) SEM image and (b) EBSD map of the cold compacted sample prepared under 400 MPa; (c) SEM
image and (d) EBSD map of the hot pressed sample prepared under 400 MPa at 400 ◦C. Colored-metallic
grains of magnesium: dark—grain boundary (lines), pores or oxides (wide gaps).

3.2. Mechanical Characterization

3.2.1. Three-Point Bending Test and Microhardness Test Results

Three-point bending test revealed an increasing trend of flexural strength of prepared materials
corresponding to the increasing samples’ compacting pressure (Figure 4a). The highest flexural
strength was obtained for hot pressed samples compacted at 400 ◦C. Samples prepared at 300 ◦C
followed the same trend as the samples prepared at 400 ◦C; however, the flexural strength was lower
(Figure 4a). Hot pressing magnesium powder at 500 ◦C resulted in lower values of flexural strength
compared to lower compaction temperatures (except RT (room temperature)). Furthermore, during the
preparation of the samples pressed under 400 MPa at 500 ◦C, deformation of the steel mold (used for
sample preparation) occurred; therefore, the samples’ preparation was not possible. The cold pressed
samples’ test results show significantly lower values of flexural strength compared to the hot pressed
samples. Except the flexural strength measured on hot pressed samples prepared under 500 MPa,
the value of flexural strength was observed to increase with increasing compaction pressure.
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(a) (b) 

Figure 4. Three-point bending tests and microhardness measurement results; (a) flexural strength, (b)
microhardness reuslts (RT: room temperature).

Microhardness test results revealed a significant difference between cold and hot pressed samples
(Figure 4b). The increase of the microhardness corresponding to the increasing compaction pressure was
observed for cold compacted and hot pressed samples prepared at 300 ◦C and 400 ◦C (Figure 4b), while the
identical trend of microhardness evolution was observed for both hot pressed materials. The influence of
compaction pressure on the microhardness was more pronounced for cold compacted samples, however,
higher values of microhardness were characteristic for hot pressed samples. A specific situation was
observed in the case of hot pressed samples prepared at 500 ◦C, where the primary microhardness increase
observed when increasing compaction pressure from 100 MPa to 200 MPa was followed by a decrease of
the microhardness for samples prepared under 300 MPa (Figure 4b).

3.2.2. Fractographic Analysis

Fracture surfaces of samples broken during the three-point bending test were analyzed in the
region where tensile loading was applied. The fractographic analysis revealed differences between
cold compacted and hot pressed materials (Figure 5).

 
(a) 

 
(b) 

 
(c) 

 
(d) 

Figure 5. Selected fracture surfaces of samples’ failure during three-point bending test: (a) cold
compacted 100 MPa; (b) cold compacted 500 MPa; (c) hot pressed 100 MPa at 400 ◦C; (d) hot pressed
500 MPa at 400 ◦C.
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Cold compacted materials’ fracture surfaces exhibited only trans-granular failure regardless of
the applied compaction pressure. Different applied compacting pressure resulted only in differences of
deformation of the powder particles present on the fracture surface (Figure 5a,b). Samples compacted
under 100 MPa revealed only minimal plastic deformation of the powder particles, and the fracture
surface exhibited a quite large amount of secondary cracks following magnesium powder particles’
boundaries (Figure 5a). Samples compacted under higher pressures (300 MPa and higher) exhibited
significant plastic deformation of powder particles and a smaller amount of secondary cracks compared
to the low pressure compacted samples, as was observed on the samples’ fracture surfaces (Figure 5b).

Hot pressed samples contained significantly deformed powder particles, and only trans-granular
failure was observed for samples compacted under lower pressures (100 MPa and 200 MPa) (Figure 5c).
With the increase of the compaction pressure in the case of hot pressed samples, also the inter-granular
failure of the powder particles was observed on the samples’ fracture surfaces (Figure 5d, marked with
an arrow).

3.3. Electrochemical Characterization

The corrosion resistance of the studied materials was evaluated by EIS. As the corrosion medium,
HBSS and enriched HBSS (containing Mg2+ and Ca2+ ions) were used (the composition is given in
Table 1). Based on the obtained data represented by Nyquist plots, three equivalent circuits (EC)
shown in Figure 6 were used for the data analysis and determination of materials’ electrochemical
corrosion characteristics.

 
(a) (b) 

 
(c)

Figure 6. (a–c) Equivalent circuits used for evaluation of the Nyquist plots.

The EC given in Figure 6a was used for the description of the behavior of materials exhibiting
two capacitive loops on the Nyquist plot. One capacitance loop was obtained for high frequencies and
the second capacitance loop for low frequencies. Two capacitance loops characterize the response of
the material by the creation of a layer of corrosion products on its surface. The EC in the Figure 6a
can be from the electrochemical point of view explained as the simple electrical response of the
damaged (porous and cracked) layer of corrosion products created on the metal surface to the corrosion
environment (partially blocked electrode [33]). Damage of the layer can be understood for example
as cracks in the layer created due to its porous nature and thickness increasing due to the material
response to the corrosion environment, while some parts of the damaged layer can be removed from
the material surface, and the metallic surface can be revealed to the corrosion environment again.
EC presented in Figure 6a consists of elements representing solution resistance R1; Q2 is a constant
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phase element (CPE), which is a component modeling the behavior of the present corrosion products
(taking into account its porous origin and its damage); R2 represents the resistance of the corrosion
products’ layer against the solution including the resistance of the corrosion products and resistance of
the material against the solution penetrating through the corrosion products’ layer damaged areas
and pores; Q3 is a constant phase element (CPE), which is a component modeling the behavior of
the interface between the solution and metal surface including the influence of the damaged layer of
corrosion products, and R3 is the resistance of the material against the solution (charge transfer in the
double layer).

The resulting polarization resistance Rp of this model can be calculated according to the Equation (1):

Rp = R2 + R3 (1)

EC including an inductive element is shown in Figure 6b. The model was used for the evaluation
of the Nyquist plots containing one high-frequency capacitance loop and one low-frequency inductive
loop. The element R1 represents solution resistance; Q2 represents double layer capacitance expressed
by the CPE element; R2 is the resistance against the charge transfer of the solution and the created layer
of corrosion products; L3 is inductance connected with the negative difference effect (NDE) caused
in the case of magnesium by adsorption of H+, Mg+ [30]; and R3 is the resistance of this inductive
element and also the resistance of charge transfer on the sample surface. The resulting polarization
resistance Rp value of this model is given by Equation (2):

1
Rp

=
1

R2
+

1
R3

(2)

In the case of Nyquist plots consisting of the high-frequency capacitance loop, medium frequency
capacitance loop and low-frequency inductive loop, an EC shown in the Figure 6c was used for the
data analysis. In this case, the creation of the layer of corrosion products (porous in its nature) on
the material surface accompanied with additional creation of the secondary layer (outer) of corrosion
products on its surface closing the pores in the primary (inner) layer is assumed. The element R1

represents the solution resistance; Q2 can be connected with the outer layer of corrosion products; R2 is
the resistance against charge transfer of the outer layer; Q3 represents the capacitance between the
outer and inner porous layer of corrosion products; R3 is the resistance against charge transfer between
the outer and inner porous layers of corrosion products; L4 is inductance equivalent to the response of
the adsorbate species on the sample surface due to the NDE; and R4 is resistance against the charge
transfer of interfacial reaction on the sample surface (resistance caused by adsorbed species on the
metal surface). The final Rp in the model is given by Equation (3):

Rp = R2 +
R3·R4

R3 + R4
(3)

3.3.1. EIS Measured in HBSS

The EIS spectra for cold compacted samples measured in HBSS medium in the form of Nyquist
plots are shown in Figure 7a, and data obtained by fitting the plots are given in Table 2. The plots
contain three loops including an inductive one. Based on the obtained plots’ character assuming
the same material response to HBSS in time, the EC model shown in Figure 6c was used for the
electrochemical corrosion characteristics’ determination. Measurement of the cold compacted sample
was stopped after 12 h due to the fatal corrosion damage of the samples. The very low capacitance
response between the layer of corrosion products and compacts was observed at the beginning of
the exposure of the samples to the corrosion environment. This could be explained by difficulties
in the creation of a coherent layer of corrosion products on the sample’s surface due to the high
porosity of the cold compacted material. The values of Rp were only slowly increasing up to the end
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of the EIS measurements. The initial Rp value was determined as 109 Ω·cm2. An increase of Rp was
observed with increasing the immersion time to 2 h; however, this increase was followed by a drop
of Rp to a value comparable with the initial polarization resistance. This drop was followed by a
slow increase of the polarization resistance of cold compacted samples up to 252 Ω·cm2 obtained after
12 h. Changing values of n2 and n3, characterizing the stability of the created outer and inner layer of
corrosion products on the sample surface indicate the non-uniformity of the layer. At the beginning
of the measurement, the inner layer of corrosion products exhibited higher stability, and its higher
contribution to the protectivity of the samples was changed in immersion times of 2 h and 4 h when
the outer layer with higher stability could protect the material against the following corrosion attack.
However, exceeding 4 h of exposure of the material to HBSS, the created layers exhibited only very
low stability (expressed by coefficients n2 and n3) (Table 2).

 
(a) (b) 

 
(c) (d)

Figure 7. Electrochemical behavior of powder metallurgy (PM) magnesium materials in HBSS: (a) cold
pressed 500 MPa; (b) hot pressed 100 MPa at 400 ◦C; (c) hot pressed 500 MPa at 400 ◦C; (d) comparison
of Rp values in time.

Table 2. Fitted EIS (electrochemical impedance spectroscopy) data for the cold compacted sample
prepared under 500 MPa, HBSS.

Time (h)
R1

(Ω·cm2)
R2

(Ω·cm2)
R3

(Ω·cm2)
R4

(Ω·cm2)

Rp

(Ω·cm2)

Q2

(F·sn−1·10−6)
Q3

(F·sn−1·10−6)
n2 n3 L4 (H)

0 65 130 64 −16 109 0.50 72.50 0.61 0.97 390
1 63 244 0 0 196 279.00 715.00 0.67 0.60 0
2 66 51 161 74 101 284 0.17 0.91 0.74 2
4 63 54 145 219 141 22.16 0.00 1.00 0.54 1
8 60 190 −1 −8 190 520.00 1.58 0.47 0.01 42
12 77 189 95 189 252 221 5.72 0.67 0.56 1
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The characteristic Nyquist plots for the hot pressed sample prepared under 100 MPa obtained
with EIS in HBSS are shown in Figure 7b, and the data obtained after fitting of these curves applying
adequate EC are shown in the Table 3. The initial and the last measured electrochemical response of
the sample tested in HBSS (measurements at 0 and 12 h) correspond to behavior that can be described
by the EC model given in Figure 6a. In other cases, three loops were characteristic for Nyquist
plots, and the compacts’ behavior can be described with EC in Figure 6c. This type of electrical
response includes also an inductive loop. The hot pressed 100 MPa powder compacts were measurable
only within 12 h due to the high degradation of the material in HBSS. The Rp values rose from the
beginning of the experiment (305 Ω·cm2) to the maximum value (627 Ω·cm2) obtained after 1 h of
exposure of the material to HBSS. After 1 h of exposure, the Rp continuously decreased until the
end of the experiment (251 Ω·cm2). The value of n2 characterizing the stability of the outer layer of
corrosion products decreased with increasing the time of exposure of the compacts to the corrosion
environment. Nevertheless, the value of n3 characterizing the inner porous layer of corrosion products
(created in the areas of contact of the corrosion solution with the damaged primary created layer
of corrosion products) was changing in the whole experiment time, indicating its reaction with the
compacted material. However, the primary created layer exhibited good stability and could exhibit the
protection of the material in the corrosion in times of 0 h, 4 h and 12 h of exposure (Table 3). However,
the decreasing n3 values indicate the primary layer damage. Changing values of n2 and n3 characterize
the stability of layers of corrosion products created on the material surface.

Table 3. Fitted EIS data for the hot pressed sample prepared under 100 MPa at 400 ◦C, HBSS.

Time (h)
R1

(Ω·cm2)
R2

(Ω·cm2)
R3

(Ω·cm2)
R4

(Ω·cm2)

Rp

(Ω·cm2)

Q2

(F·sn−1·10−6)
Q3

(F·sn−1·10−6)
n2 n3 L4 (H)

0 54 263 43 - 305 73.9 2676.0 0.83 1.00 -
1 50 627 −1 −1 627 132.1 8887.0 0.74 0.69 0
2 49 655 11 −10 527 136.4 7759.0 0.74 0.39 4
4 51 474 3969 0 474 176.8 6082.0 0.70 0.99 136
8 48 270 162 −2 268 206.9 5617.0 0.68 0.03 2
12 53 −3 254 - 251 262.6 26.6 0.55 0.86 -

The Nyquist curves for hot pressed samples prepared under 500 MPa are shown in Figure 7c, and the
data obtained after fitting of the curves are shown in Table 4. Only one type of electrochemical response
was identified for all the measurements of the samples. The suitable EC model for material behavior
analysis is shown in Figure 6b. The EC in Figure 6b is composed of two time-independent loops and
contains one inductive loop. The inductive electrical response of the material to the HBSS was clear for
the whole experiment time. The material polarization resistance Rp increased from the initial (396 Ω·cm2)
measurement and reached the maximum value (892 Ω·cm2) at the measurement at 4 h of exposure.
This initial increase of Rp was followed by a gradual decrease until 72 h of exposure (246 Ω·cm2). The last
Rp value after 96 h of exposure was 261 Ω·cm2. The value of n2, in Table 4, indicates similar stability of
the created layer of corrosion products on the material surface in the whole exposure time.

The comparison of the evolution of Rp of the studied samples in HBSS in time is shown in
Figure 7d. In all the cases, an initial increase of Rp was observed; however, in the case of cold
compacted and hot pressed material prepared under 100 MPa, this increase was observed only until 1
h of exposure. Cold pressed samples reached lower values of polarization resistance when compared
to the hot pressed samples. The primary increase of Rp was followed by a decrease for 2 h of exposure,
and the following increase was observed for cold compacted samples. The value of polarization
resistance for hot pressed samples prepared under 100 MPa was after the maximum reached after 1
h of exposure only decreasing. A similar trend was characteristic also for the hot pressed samples
prepared under 500 MPa; however, in this case, the maximal value of Rp was reached after 4 h of
exposure. All the samples reached similar values of polarization resistance (before samples’ fatal
degradation) at the maximal time of exposure.
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Table 4. Fitted EIS data for the hot pressed sample prepared under 500 MPa at 400 ◦C, HBSS.

Time (h)
R1

(Ω·cm2)
R2

(Ω·cm2)
R3

(Ω·cm2)
R4

(Ω·cm2)

Rp

(Ω·cm2)

Q2

(F·sn−1·10−6)
Q3

(F·sn−1·10−6)
n2 n3 L3 (H)

0 54 289 107 - 396 62.1 - 0.79 - 1005
1 55 354.5 164 - 519 62.2 - 0.79 - 762
2 56 456.5 169 - 626 58.0 - 0.79 - 540
4 61 647 245 - 892 40.4 - 0.81 - 733
8 65 512 307 - 819 31.6 - 0.82 - 2067
12 66 487 283.5 - 771 30.3 - 0.81 - 2081
24 69 368 276 - 644 31.6 - 0.79 - 1725
48 74 164 156 - 320 48.9 - 0.76 - 796
72 72 114 132 - 246 69.0 - 0.74 - 703
96 78 130 131 - 261 69.0 - 0.75 - 744

3.3.2. EIS Measured in Enriched HBSS

The electrochemical corrosion tests were also performed on the prepared samples in the enriched
HBSS with Mg2+ and Ca2+.

The EC in Figure 6b with three loops was selected for analysis of the Nyquist plots obtained for
cold pressed samples prepared under 500 MPa up to 12 h of exposure to enriched HBSS. The Nyquist
plot characterizing material behavior in 24 h of exposure to the corrosion environment had a different
character, and the EC for the partially blocked electrode shown in Figure 6a was used for the data
determination. After 24 h of exposure of the samples to the corrosion environment, substantial
corrosion damage occurred. The determined data are shown in the Table 5, and the obtained Nyquist
plots are shown in Figure 8a. The Rp obtained at the beginning of the measurement (473 Ω·cm2)
was followed by its decrease to a value of 104 Ω·cm2 obtained after 8 h of exposure. The value of
polarization resistance started to increase again, and the value of 530 Ω·cm2 was determined at the end
of the experiment (24 h). The stability of the layer of corrosion products created on the samples’ surface
is characterized by the values of n2 and n3. Based on the Nyquist plots’ character (EC in Figure 6b
and EC in Figure 6a), the stability of both layers is changing in time, which indicates their changing
reactivity and degradation in enriched HBSS in time.

 
(a) (b) 

 
(c) 

 
(d) 

Figure 8. Electrochemical behavior of PM magnesium materials in enriched HBSS: (a) cold pressed
500 MPa; (b) hot pressed 100 MPa 400 ◦C; (c) hot pressed 500 MPa 400 ◦C; (d) comparison of Rp values
in time.
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Table 5. Fitted EIS data for the cold compacted sample prepared under 500 MPa, enriched HBSS.

Time (h)
R1

(Ω·cm2)
R2

(Ω·cm2)
R3

(Ω·cm2)
R4

(Ω·cm2)

Rp

(Ω·cm2)

Q2

(F·sn−1·10−6)
Q3

(F·sn−1·10−6)
n2 n3 L (H)

0 56 703 55 −45 473 63.6 126.3 0.72 0.10 71
1 67 327 376 204 459 105.3 95.9 0.71 0.47 0
2 60 208 129 −3 205 689.8 151.1 0.28 0.80 996
4 77 28 156 2866 176 24.3 285.4 0.65 0.63 0
8 76 147 6 −5 104 644.1 276.0 0.44 0.95 2
12 71 137 115 291 219 135.4 915.5 0.43 0.60 0
24 80 423 107 - 530 28.6 652.6 0.49 0.68 -

The Nyquist plots characterizing the behavior of hot pressed samples prepared under 100 MPa
at 400 ◦C are presented in Figure 8b. Based on the character of the obtained plots, the EC given
in Figure 6b (up to 4 h of exposure) and Figure 6a (8 to 24 h of exposure) were used for the data
determination. The measurement was performed for 24 h because of the high level of sample corrosion
degradation after this time. The initial Rp value was determined as 83 Ω·cm2 by fitting analysis.
The initial state was followed by a slight increase and decrease of Rp values until the end of the
measurement when the maximal value of Rp was determined as 319 Ω·cm2. The stability of the layer
of corrosion products (expressed with the n2 value given in Table 6) created on the sample’s surface
was decreasing with increasing exposure time; however, after 8 h of exposure, the layer became porous,
and some reactions took place also in the pores where the corrosion environment reached the surface
of the samples.

Table 6. Fitted EIS data for the hot pressed sample prepared under 100 MPa at 400 ◦C, enriched HBSS.

Time (h)
R1

(Ω·cm2)
R2

(Ω·cm2)
R3

(Ω·cm2)
R4

(Ω·cm2)

Rp

(Ω·cm2)

Q2

(F·sn−1·10−6)
Q3

(F·sn−1·10−6)
n2 n3 L (H)

0 50 243 125 - 83 63.9 - 0.75 - 2799
1 52 255 231 - 121 109.8 - 0.69 - 2368
2 52 240 360 - 144 220.2 - 0.60 - 2693
4 51 176 539 - 133 366.5 - 0.53 - 3512
8 56 122 41 - 163 191.6 91.4 0.58 0.92 -
12 54 25 123 - 147 72.4 190.1 0.61 0.65 -
24 70 219 100 - 319 63.9 171.1 0.41 0.77 -

The EC given in Figure 6a was used for the fitting of the Nyquist plots characterizing the behavior
of hot pressed samples prepared under 500 MPa at 400 ◦C at the beginning of the exposure (0 h)
(Figure 8c). Increasing the exposure time, the character of the Nyquist plots changed, and the EC
shown in Figure 6b was used for the plots’ fitting. Except the first measurement, there is a clear
inductive response in all the Nyquist plots. The obtained electrochemical corrosion characteristics are
given in Table 7. The Rp increases from the initial (436 Ω·cm2) measurement and reached the maximum
value (647 Ω·cm2) at 12 h of measurement. This increase of Rp was followed by a continual decrease
until the end of the experiment at 96 h of exposure (321 Ω·cm2). The stability of the layer of corrosion
products created on the samples’ surface characterized with the n2 value slightly decreased after 2 h of
exposure to the enriched HBSS, however, remained stable, and its stability started to slightly increase
after 48 h of exposure (Table 7).

Rp evolution in enriched HBSS in time determined for magnesium PM processed samples is
shown in Figure 8d. The value of Rp determined for the cold compacts at the beginning of the exposure
decreased with time of exposure up to 8 h, while the following exposure resulted in the Rp increase
to a value slightly higher than the primary value. In the case of hot pressed samples prepared under
100 MPa at 400 ◦C, a slight increase of the Rp from the beginning of the exposure up to 12 h was
observed, while additional exposure to the enriched HBSS was connected with the following increase
of Rp. In the case of hot pressed samples prepared under 500 MPa at 400 ◦C, an increase of Rp up
to 12 h of exposure was observed, while additional exposure resulted in a polarization resistance
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decrease to values below the Rp measured at the beginning of the exposure. However, the values
of Rp determined for hot pressed samples prepared under 500 MPa were higher compared to other
material states.

Table 7. Fitted EIS data for the hot pressed sample prepared under 500 MPa at 400 ◦C, enriched HBSS.

Time (h)
R1

(Ω·cm2)
R2

(Ω·cm2)
R3

(Ω·cm2)
R4

(Ω·cm2)

Rp

(Ω·cm2)

Q2

(F·sn−1·10−6)
Q3

(F·sn−1·10−6)
n2 n3 L (H)

0 53 332 104 - 436 32.3 2832.0 0.85 0.49 -
1 64 262 215 - 476 45.2 - 0.74 - 1526
2 65 261 314 - 575 54.6 - 0.68 - 2367
4 67 302 326 - 629 53.8 - 0.66 - 2520
8 72 288 352 - 640 53.6 - 0.65 - 2268
12 72 260 387 - 647 53.5 - 0.65 - 3215
24 84 300 300 - 600 52.8 - 0.65 - 2246
48 83 194 226 - 419 57.0 - 0.71 - 2139
72 84 168 157 - 325 37.3 - 0.77 - 1410
96 77 156 165 - 321 42.4 - 0.76 - 1565

3.4. Corrosion Mechanism Analysis

The surface of the compacts tested by the EIS method was documented with the aim to compare
the mechanism of corrosion attack and its dependence on material structure and the corrosion
environment used (Figures 9 and 10). Metallographic cross-sections of the tested compacts were
prepared with the aim to identify the mechanism of the corrosion process within the material volume.
Samples’ cross-sections were molded into the resin and prepared by the standard metallographic
procedures. Due to the molding into the resin and the porosity and incompactness of the corroded
compacts and corrosion products on their surface, gas bubbles were present on the mold specimens
(above the surface of the sample).

 
(a) 

 
(b) 

 
(c) 

 
(d) 

Figure 9. Cont.
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(e) 

 
(f) 

Figure 9. Corroded surface of PM magnesium compacts (the area exposed during EIS measurement is
outlined) and specimens cross-sections (A, resin; B, layer of corrosion products; C, compact); (a) cold
compacted under 500 MPa, 12 h in HBSS; (b) cold compacted under 500 MPa, 24 h in enriched HBSS;
(c) hot pressed under 100 MPa, 400 ◦C, 12 h in HBSS; (d) hot pressed under 100 MPa, 400 ◦C, 24 h in
enriched HBSS; (e) hot pressed under 500 MPa, 400 ◦C, 96 h in HBSS; (f) hot pressed under 500 MPa,
400 ◦C, 96 h in enriched HBSS.

 
(a) 

 
(b) 

 
(c) 

 
(d) 

 
(e) 

 
(f) 

Figure 10. Corroded cross-section of pure magnesium compacts: (a) cold compacted 500 MPa, 12 h in
HBSS; (b) cold compacted 500 MPa, 24 h in enriched HBSS; (c) hot pressed 100 MPa, 400 ◦C, 12 h in
HBSS; (d) hot pressed 100 MPa, 400 ◦C, 24 h in enriched HBSS; (e) hot pressed 500 MPa, 400 ◦C, 96 h in
HBSS; (f) hot pressed 500 MPa, 400 ◦C, 96 h in enriched HBSS.
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In all cases, the area exposed to the corrosion environment during the EIS measurement was
covered with a layer of corrosion products. The created layer was not compact and contained a large
number of cracks, which were observed also in the layer of corrosion products.

The surface of the area of the compacts exposed to the HBSS and enriched HBSS was fully covered
with grey-/white-colored corrosion products during the EIS measurement (outlined areas). Based on
the surface observation, the corrosion mechanism can be considered as the same in the HBSS and
enriched HBSS, as the corrosion products’ structure is similar and no specific material behavior was
observed. The corrosion mechanism, however, was dependent on the sample preparation.

In the case of cold pressed samples, the created corrosion products covered the whole area
exposed to the corrosion environments (Figure 9a,b). On the details of the metallographic cross-section
given in Figure 9a,b, quite pronounced corrosion attack of the material can be seen. The layer
of corrosion products grows to a depth of approximately 4000 μm during the exposure to both
corrosion environments. Due to the large thickness of the created layer of corrosion products, its
cracking and decohesion with the cold compacted materials can be seen on samples’ cross-sections in
Figure 9a,b. In the details of Figure 10a,b, layer-like corrosion progression into the material volume can
be recognized. The material behavior was the same for HBSS and enriched HBSS. However, from the
comparison of Figure 10a,b, eventual removal of the layer of corrosion products from the surface of
the compact tested in enriched HBSS can be observed as the time of exposure increased. Therefore,
the more degradable influence of enriched HBSS on compacts compared to HBSS can be concluded for
cold compacted pure magnesium.

The hot pressed samples (Figure 9c–f) corroded uniformly throughout the whole tested area.
Samples prepared under 100 MPa compacting pressure at 400 ◦C exhibited a uniform layer of corrosion
product after exposure in HBSS, with a slightly layer-like structure, which is more apparent from the
detail in Figure 10c. As the corrosion products’ layer grew into the material volume, the uniform layer
cracked, which in long-term exposure leads to very severe corrosion attack. Enriched HBSS seems
to have a similar influence on the hot pressed sample. The corrosion products’ layer observable
on the sample cross-section shown in Figure 9d was comparable to the one created in HBSS
(Figure 9c). Both layers had a comparable thickness (less than 1500 μm), and both of them exhibited
cracks. Furthermore, the mechanism of the corrosion attack progress through the material shown
in Figure 10c,d was similar. The corrosion seems to progress to the material volume layer by layer,
following layers of compacted powders (layer-like corrosion progression). The corrosion attack was
less pronounced when compared to the cold compacted materials.

The hot pressed samples prepared under 500 MPa at 400 ◦C exhibit different behaviors in terms
of corrosion attack in HBSS and enriched HBSS compared to the cold pressed and hot pressed samples
prepared under 100 MPa. The surface of the hot pressed samples prepared under 500 MPa was
completely covered with corrosion products; however, the depth to which the samples degraded
is much smaller compared to the samples prepared under 100 MPa at 400 ◦C and cold pressed
samples (Figure 9e,f). This shows much better coherence of the powder particles forming the samples.
The depth of corrosion attack is small (approximately 500 μm) comparing to the other material states.
However, in this case, different responses of compacts on HBSS and enriched HBSS were observed.
Even from the cross-sections in Figure 10e,f, the layer-like corrosion progression is visible only for the
sample exposed to HBSS. In the case of the exposure of the compacts to the enriched HBSS, the layer
of corrosion products was removed from the material surface during the measurement (Figure 10f),
which indicates low layer cohesion to the material and/or high volume expansion of the created
corrosion products.

4. Discussion

Microstructural, mechanical and electrochemical corrosion characteristics of pure magnesium
materials prepared by powder metallurgy were analyzed with the aim to identify the influence of
processing parameters. Sets of cold compacted and hot pressed materials (300 ◦C, 400 ◦C and 500 ◦C)
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were prepared from magnesium powder under 100 MPa, 200 MPa, 300 MPa, 400 MPa and 500 MPa
compacting pressures. While the material has potential in biomedical applications, the electrochemical
corrosion characteristics of the processed materials were analyzed in HBSS and enriched HBSS using
electrochemical impedance spectroscopy, and the data were extended with the analysis of the corrosion
attack within the material volume.

Low compacting pressures led only to minimal plastic deformation of magnesium powder
particles during cold compaction or hot pressing (Figure 2). Increasing the compaction pressure
(above 300 MPa) at RT had an influence on the deformation of the powder particles while increased
deformability of particles corresponded with increasing compaction pressure. The influence was
also sufficient for changing the character of the porosity from open porosity to closed porosity and
decreased the number of pores on the samples’ cross-sections, which is in agreement with [11–13].
Hot pressing led to a significant decrease of the porosity of the compacts and also to a change in the
character of the porosity (Figure 2) [4,32]. The open porosity characteristic for cold pressed samples
was replaced with closed localized pores observed in hot pressed samples’ microstructure. This change
can be attributed to better plastic deformation of magnesium at a higher temperature, resulting in
higher plastic deformation of powder particles and closing the open porosity present on particles’
boundaries due to the shape factor (spherical particles cannot fill the space 100%). The change of
the magnesium deformability results from the hexagonal close-packed (HCP) crystallographic lattice
structure of the material. While only one slip system is active at RT, the increase in temperature led to
activation of more slip systems. Furthermore, the twinning mechanism is dominant for HCP lattice
structures instead of the slip mechanism below 200 ◦C [34,35].

Besides the improvement of magnesium deformability, the elevated temperature also influenced
the evolution of grains in the compacted powder particles, which was revealed with EBSD analysis
shown in Figure 3. The cold compacted sample revealed a very fine microstructure within the
powder particle, but wide gaps between powder particles were observed. EBSD analysis of the hot
pressed sample revealed coarser metallic grains in powder particles; however, the gaps between
powder particles were not visible as diffusion bonding at higher temperatures took place between
powder particles.

A coarser metallic microstructure generally leads to a decrease in hardness and tensile strength
compared to the fine-grained material [4,5]. However, the observed fine microstructure corresponds
only to the powder particles, while the particles’ bonding was observed to be weak (also, an open
porosity was observed). Therefore, this fine microstructure obtained by cold compacting of magnesium
did not affect the mechanical properties of the samples in a positive way due to the low compactness
of particle boundaries.

Improvement of mechanical properties by hot pressing of pure magnesium is visible in
Figures 3 and 4. Hot pressed samples prepared at 300 ◦C revealed the same trend in increasing
flexural strength with increasing compaction pressure as samples prepared at 400 ◦C; however, the
values of flexural strength are slightly higher for the series of samples prepared at 400 ◦C. This fact can
be attributed to a higher diffusion rate of magnesium at 400 ◦C, which leads to better diffusion bonding
between powder particles and possibly more pronounced grain coarsening at higher temperature [11].
Samples prepared at 500 ◦C reached much lower values of flexural strength compared to other hot
pressed samples (comparing samples prepared under the same pressures) and only slightly higher
than cold compacted samples (Figure 4a). At the temperature of 500 ◦C, the diffusion of magnesium is
even higher than at 400 ◦C, which should lead to better powder particle diffusion bonding; however,
the higher temperature (500 ◦C) can lead to intensive coarsening of metallic grains created in the
powder particles. As a result, the grain coarsening could be a reason for the flexural strength decrease
(Figure 4a), considering good material compaction based on EBSD analysis.

Bonding of powder particles into the coherent sample is also apparent from the microhardness
test results. Cold compacted samples follow the same trend of increasing microhardness with
increasing compaction pressure as samples prepared via hot pressing; however, the obtained values are
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significantly lower. This can be attributed to the good cohesion of samples prepared via hot pressing.
Cold compacted samples hold together only due to the powder particles’ interlocking as a result of
plastic deformation, while the hot pressed samples are interlocked and diffusion bonded. The good
cohesion of powder particles in the case of hot pressed samples is also visible from the fractographic
analysis provided in Figure 5, as inter-granular failure was visible only on fracture surfaces of samples
prepared by hot pressing. Fractographic analysis from cold compacted samples revealed only the
trans-granular failure of samples, and no inter-granular failure was observed. While the character of
fracture surfaces differs, only brittle fracture was reported in all the measured samples. The character
of fracture surfaces furthermore confirms the assumption that the samples prepared by cold pressing
are not diffusion bonded.

Differences between cold compacted and hot pressed samples were also observed during EIS
measurement. Low compactness of cold compacted samples compared to the hot pressed samples
resulted in lower corrosion resistance of cold compacted samples. This was proven by the corrosion
rate and the depth to which corrosion progressed. It is clearly evident that by dissolving of magnesium
under H2 evolution, the corrosion environment is alkalized (increase pH value), and the corrosion
rate of magnesium slows down [30]. Corrosion products created on magnesium are usually based on
MgO and Mg(OH)2. The layer of corrosion products, especially the Mg(OH)2 compound, is easily
disturbed and dissolved in environments containing Cl−. The layer offers only very low protection
to magnesium against corrosion especially in environments containing aggressive ions [36]. HBSS is
a more complex environment containing phosphates and hydrogen phosphates. More compounds
in the corrosion environment enable more chemical reactions between the metallic surface, corrosion
environment and corrosion products [30]. Products of these reactions can create a layer of corrosion
products (outer layer) over the created MgO and Mg(OH)2 inner primary layer created on the sample
surface. Both layers develop during the corrosion process and are porous by their nature or the damage
of the compact areas can occur. All the types of corrosion products are created during the material
exposure to the environment and grow on the material surface at the same time. These layers cannot
be exactly distinguished.

According to the Le Chatelier theory, HBSS should be more aggressive for magnesium than
enriched HBSS. Comparing the corrosion process character of examined magnesium materials
(Figures 9 and 10), this theory was not clearly proven. The similar thickness of the layers of corrosion
products (Figure 9), even the progress of corrosion attack within the material volume (Figure 10),
was observed considering the same processing parameters. Corrosion attack progress was the only
observed difference between the cold compacted and hot pressed samples; whereas the cold compacted
samples that were only mechanically-bonded exhibited a more pronounced degradation process when
compared to hot pressed samples. The higher compacting pressure used (500 MPa), resulting in even
better material compaction, had a positive influence also on material corrosion resistance.

The highest corrosion resistance was reached for hot pressed magnesium materials prepared under
500 MPa in both corrosion mediums. This was proven by higher polarization resistance and duration
of the corrosion experiment compared to other material states. The time of experiments indicates more
pronounced corrosion attack of samples in HBSS compared to enriched HBSS. This difference was not
observed for hot pressed samples prepared under 500 MPa. However, the values of Rp determined
for the materials tested in both solution types did not exhibit significant differences, and the higher
aggressiveness of HBSS compared to enriched HBSS was not proven with the results. Slightly higher
values of Rp reached for different material states in enriched HBSS when compared to HBSS did not
show a significant influence of corrosion environment on material properties. However, similar values
of Rp were reached at the end of EIS test for all the materials in each corrosion environment. Different
material types exhibit similar corrosion behavior regardless of the corrosion environment used.

68



Metals 2017, 7, 461

5. Conclusions

Powder metallurgy processed magnesium compacts prepared at room temperature and at 300 ◦C,
400 ◦C and 500 ◦C under pressures in the range from 100 MPa to 500 MPa were analyzed in terms of the
evolution of the microstructure, mechanical properties and electrochemical corrosion characteristics.

Microstructural analysis revealed a positive influence of increasing pressure and temperature
on material compaction and porosity. The increase of the compacting pressure used led to increasing
of the powder particles’ deformation, which corresponds to the decrease of compacts’ porosity.
Elevating pressing temperature resulted in significant enhancement of powder particles’ deformability
and a decrease of compacts’ porosity. EBSD analysis showed fine-grained structure within cold
compacted powder particles; however, it also revealed that the powder particles were not bonded.
Elevated temperature resulted in grain coarsening; however, the powder particles were bonded.

Flexural strength was observed to be enhanced up to five times for the hot pressed samples
compared to the cold compacted samples. The samples prepared at 500 ◦C reached similar
values of flexural strength as cold compacted samples. While only the inter-granular fracture
mechanism was observed for cold compacted and hot pressed samples prepared under lower pressures
(below 300 MPa), samples prepared at 400 ◦C using higher compacting pressures exhibited also a
trans-granular fracture. Vickers microhardness of hot pressed samples was comparable for all the
preparation temperatures, and the values were higher than for cold compacted samples (up to 40%).

Electrochemical impedance spectroscopy measurements revealed a positive influence of the hot
pressing on the electrochemical corrosion behavior of PM magnesium. For both corrosion environments
used, the highest values of polarization resistance in time were determined for the hot pressed
samples prepared under 500 MPa. The corrosion mechanism was similar to the cold pressed and hot
pressed samples prepared under low pressures, where a layer of corrosion products (thicker for cold
compacted samples) was observed on the tested samples’ surface. A similar response of both sample
types was observed using HBSS and enriched HBSS (considering the sample preparation conditions).
Less pronounced corrosion attack was observed for hot pressed samples prepared under 500 MPa, and
also, a similar material response for both the corrosion environment types was observed.

Applying temperatures of 300 ◦C and 400 ◦C and high pressures (300 to 500 MPa) for magnesium
powder compaction seems to have a significantly positive influence on material bonding, mechanical
and electrochemical corrosion properties. A higher compaction temperature was shown to have a
detrimental effect on material compaction when using compacting pressure above 200 MPa.
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analyzed the data. Stanislava Fintová, Petr Ptáček, Josef Zapletal and Jaromír Wasserbauer contributed
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32. Čapek, J.; Vojtěch, D. Effect of sintering conditions on the microstructural and mechanical characteristics of
porous magnesium materials prepared by powder metallurgy. Mater. Sci. Eng. C 2014, 35, 21–28. [CrossRef]
[PubMed]

33. Orazem, M.E.; Tribollet, B. Electrochemical Impedance Spectroscopy; Wiley: Hoboken, NJ, USA, 2008; p. 560.
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Abstract: This study aimed to develop and evaluate the ECO-friendly Mg-5Zn-0.5Zr (ECO505) alloy
for application in dental-guided bone regeneration (GBR). The microstructure and surface properties
of biomedical Mg materials greatly influence anti-corrosion performance and biocompatibility.
Accordingly, for the purpose of microstructure and surface modification, heat treatments and surface
coatings were chosen to provide varied functional characteristics. We developed and integrated both
an optimized solution heat-treatment condition and surface fluoride coating technique to fabricate a
Mg-based regeneration membrane. The heat-treated Mg regeneration membrane (ARRm-H380) and
duplex-treated regeneration membrane group (ARRm-H380-F24 h) were thoroughly investigated
to characterize the mechanical properties, as well as the in vitro corrosion and in vivo degradation
behaviors. Significant enhancement in ductility and corrosion resistance for the ARRm-H380 was
obtained through the optimized solid-solution heat treatment; meanwhile, the corrosion resistance of
ARRm-H380-F24 h showed further improvement, resulting in superior substrate integrity. In addition,
the ARRm-H380 provided the proper amount of Mg-ion concentration to accelerate bone growth
in the early stage (more than 80% new bone formation). From a specific biomedical application
point of view, these research results point out a successful manufacturing route and suggest that the
heat treatment and duplex treatment could be employed to offer custom functional regeneration
membranes for different clinical patients.

Keywords: Mg alloy; regeneration membrane; guided bone regeneration; heat treatment; fluoride
coating; biocompatibility

1. Introduction

Periodontitis is a bacterial-mediated inflammatory disease that can lead to damage of the
periodontal ligament and gingival tissue, and may also cause alveolar bone resorption [1].
The prevalence of continuous periodontitis growth has been well documented in modern society [2],
and in many clinical reports, delaying therapy can eventually result in tooth loss and alveolar atrophy
(especially for older patients) [3]. In such cases, the defect area must first be reconstructed before
artificial tooth root implantation. To this end, guided bone regeneration (GBR) procedures have been
noted as a reliable periodontal regeneration and alveolar augmentation therapy, and have registered
high success rates in recent years [4]. Currently, there are two material systems for GBR procedures,
namely degradable and non-degradable membrane materials [5]. With degradable regeneration
membranes (usually made by poly-lactic acid (PLA) or collagen sheets), secondary surgery for implant
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removal is not required; however, the low mechanical strength and stiffness do not offer sufficient
structural strength. In contrast, non-degradable regeneration membranes (e.g., Ti mesh or Teflon-mesh)
are the most commonly used materials; however, their use requires secondary surgery for membrane
removal, which increases the risk of bacterial infection. In response to these clinical considerations, this
study targeted the development of a new type of regeneration membrane that features both adequate
strength and biodegradability.

Magnesium (Mg) is a promising metallic material for biomedical applications due to its unique
biodegradability, satisfactory biocompatibility, and excellent biomechanical properties [6]. Moreover,
Mg materials possess satisfactory biocompatibility and biofunctionality that can accelerate cell
proliferation and wound healing [7,8]. Therefore, Mg materials can be seen as potential candidates for
new types of regeneration membranes for dental GBR procedures. However, the poor anti-corrosion
behaviors and rapid mechanical fading of Mg materials in a physiological electrolyte environment
currently limit its clinical applicability [9,10]. Nevertheless, Cai et al. recently revealed that
Mg-5Zn alloy is a good candidate for orthopedic implants with an optimal Zn alloying amount [11].
Song et al. also demonstrated that Mg-5Zn alloy possesses a uniform corrosion behavior and less
localized corrosion incidence [12]. Moreover, several related studies have shown that properly
modified (including microstructure modification and surface treatment) Mg implants offer stable
mechanical retention with reasonable degradation rates both in vitro and in vivo [13–15]. Results
from our previous works showed that heat treatment and plastic deformation procedures greatly
influence the degradation behavior and biocompatibility of Mg-Zn-Zr series alloys via microstructure
transformation [7,16]. Li et al. investigated in vitro and in vivo corrosion, as well as the mechanical
properties and biocompatibility of Mg-Zn-Zr alloy; in addition, their research also indicated that the
degradation behavior and bone healing behavior could be effectively improved after surface fluoride
coating [17].

At present, the global demand of Mg materials is increasing year by year. It therefore follows
that the demand will further increase once Mg-based medical devices are widely accepted in
clinical practice. However, the casting procedure of Mg alloys always needs to use a great amount
of SF6 (a potent greenhouse gas), which can accelerate global warming [18]. To mitigate this
shortcoming, the SF6-applied casting procedure should be replaced by novel green ECO-casting
techniques (using HFC-134a gas). In this study, to fabricate a highly functional medical device, a novel
ECO-casting technique, which integrates a solid-solution heat treatment and surface treatment, was
developed to produce an optimized biodegradable regeneration membrane for dental application
using ECO-friendly Mg-5Zn-0.5Zr (named ECO505) alloy material.

2. Materials and Methods

2.1. ECO-Casting Process and Shaping Process

Mg-20 wt. % Zr, 4N grade (99.99 wt. %) pure Mg and pure Zn ingots were used for producing a
Mg-5Zn-0.45Zr alloy billet. The precisely weighted raw materials were melted in a mild steel crucible
using an electrical resistance furnace. During the melting and alloying process, a 20% HFC-R134a-80%
Ar gas mixture was applied to the melt as a protection gas to prevent self-ignition [19]. The melt was
held at 700 ◦C and stirred to homogenize the melt composition. After the melting process, the melt was
cast into a preheated (350 ◦C) stainless steel mold to produce the ECO505 alloy billet (as shown in Figure 1).

Before the regeneration membrane shaping process, the cast billets were previously homogenized
at 380 ◦C for 12 h and subsequently water quenched. Afterwards, the homogenized billets were
directly extruded at 350 ◦C using a ram speed of 10 mm/s and an extrusion ratio of 35 to form stripe
extrudates. The rolling raw materials (40 mm in length, 15 mm in width and 4 mm in height) were
cut from the stripe extrudates with the rolling plane parallel to the extrusion direction. During the
hot-rolling process, the process conditions were fixed at the rolling strain rate of 1.98 s−1 and under
350 ◦C, for which the reduction rate per rolling pass was 20%. Furthermore, the rolled samples were
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reheated to 350 ◦C and kept at that temperature for 5 min prior to each rolling pass. The final thickness
of the as-rolled ECO505 regeneration membrane (named as ARRm) samples was controlled at 0.4 mm
(as shown in Figure 1).

 

Figure 1. Schematic diagram of ECO-casting process and shaping process.

2.2. Heat Treatment Modification

The ARRm samples were processed into a circular thin foil (12.7 mm in diameter). Solution
heat treatment of the ARRm samples was carried out in a tubular vacuum furnace at 380 ◦C for
1, 2, 4 and 10 h, respectively. After heat treatment, the samples were water quenched at room
temperature. The names for the solution heat-treated samples were assigned by heating time as
follows: ARRm-380 ◦C_1 h, ARRm-380 ◦C_2 h, ARRm-380 ◦C_4 h and ARRm-380 ◦C_10 h. The name
of the final optimized condition was replaced by ARRm-H380 to show its representative meaning.

2.3. Surface Fluoride Coating

The surfaces of the ARRm and ARRm-H380 samples were coated with a protective MgF2 layer.
Prior to the coating process, all samples were polished successively with 200 to 8000 grit using
SiC sandpaper. The polished specimens were rinsed in acetone and ethanol, and subsequently
dried in a stream of dry air. The fluoride conversion treatment followed the suggested procedure
from a previously published report, which involved the samples being soaked in 42 wt. % HF and
placed in an orbital shaker at 90 rpm for 24 h [20]. After the samples were removed from the HF
conversion bath, they were rinsed twice with absolute ethanol and dried. Names for the MgF2-coated
samples were assigned according to treatment history, and hereafter referred to as ARRm-F24 h and
ARRm-H380-F24 h, respectively.

2.4. Materials Characterization

All samples (as-cast, as-extruded and ARRm) for microstructure characterization were ground
and polished to 0.05 μm and finally etched by picric-acetic acid solution (4.2 g picric acid + 20 mL acetic
acid + 80 mL ethanol). Optical microscopy (BX41-LED, Olympus, Tokyo, Japan) and scanning electron
microscopy (JSM-6510LV, JEOL, Tokyo, Japan) with an energy dispersive spectrometer (EDS, INCA
350, Oxford Instrument, Oxford, UK) were used for microstructure characterization. The average grain
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size was determined according to the ASTM E112-96 standard. With the aim to characterize the effects
of heat treatment on matrix softening, Vicker’s hardness measurements (HMV-G21, Shimadzu, Kyoto,
Japan) were performed on the polished surface of the heat treated specimens with different treatment
conditions, for which the loaded force was 100 g and the holding time was 10 s. Tensile test used a
hydraulic-powered mechanical testing system (MTS-810, MTS Systems Corporation, Minneapolis,
MN, USA) with a tensile speed of 1 mm/min. A typical dog-bone tensile specimen expressed with a
gauge length of 20 mm, a gauge width of 7 mm and a thickness of 0.4 mm was selected for tensile test.
At least four samples are tested (Vicker’s hardness and tensile test) for each group.

2.5. In Vitro Corrosion Test

The electrochemical corrosion mechanism and performance of the fluoride conversion coating
were investigated using an electrochemical station (PARSTAT 2273, Princeton Applied Research,
Oak Ridge, TN, USA). Polarization curves were measured using a classic three-electrode cell,
where a saturated calomel electrode (SCE, +0.242 V vs. SHE) constituted the reference electrode
with a Pt-coated Ti mesh as the counter-electrode. The area of the working electrode exposed
to the electrolyte was controlled to within 1 cm2 by a Teflon holder. The electrolyte used was
revised simulated body fluid (r-SBF) solution (which per liter included 5.403 g of NaCl, 0.736 g
of NaHCO3, 2.036 g of Na2CO3, 0.225 g of KCl, 0.182 g of K2HPO4, 0.310 g of MgCl2·6H2O, 11.928 g of
4-(2-hydroxyethyl)-1-piperazineethanesulfonic acid (HEPES), 0.293 g of CaCl2, and 0.072 g of Na2SO4

dissolved in deionized water) buffered at pH = 7.4 using HEPES and NaOH, with the environmental
temperature controlled at 37 ◦C. Prior to conducting the experiment, nitrogen gas was bubbled through
the r-SBF to remove dissolved oxygen. The polarization curve was acquired with a scanning rate of
1 mV s−1 from −1.8 V to −0.8 V.

To characterize the corrosion properties of the Mg-based regeneration membrane, two immersion
corrosion examinations were used in this research. Firstly, the normal immersion corrosion
(un-bent/r-SBF immersion) test was employed to measure the corrosion rates, behaviors and tendencies
of the specimens in r-SBF by following the principle of ASTM G31-72. The r-SBF volume to surface area
ratio was fixed at 20 mL/cm2. Secondly, the actual-simulated immersion corrosion (pre-bent/r-SBF
immersion) test was employed to acquire the corrosion rates, behaviors and tendencies of the pre-bent
specimens in r-SBF by a custom designed examination. For this examination, several PVC racks
(1 cm width and 5 cm long) were used to act as alveolar bone, upon which the pre-bent specimens
were fixed by nylon screws, as shown in Figure 2a. Then, the specimens were immersed into r-SBF.
The r-SBF volume to surface area ratio of this custom designed examination was fixed at 50 mL/cm2.
The experiments were held for 1 week in an isothermal incubator at 37 ◦C. The result is the average of
five samples (n = 5).

Figure 2. (a) Custom designed pre-bent/corrosion device and specimens; (b) animal
implantation model.
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2.6. Animal Model and Cranial Implantation Experiments

In this study, the animal experiments and surgical procedure were approved by the Institutional
Animal Care and Use Committee of National Cheng Kung University (approval No. 105258).
Male-controlled Sprague Dawley (SD) rats were housed in an environmentally controlled animal
feeding room (25 ± 1 ◦C, 40~70% humidity, with a regular 12 h light cycle per day) to an age of
12~14 weeks. All SD rats were randomly assigned to testing groups prior to surgery. General anesthesia
was administered via an intra-abdominal injection of Zoletil 50 (Virbac, Carros, France) and Xylazine
(Panion and BF Biotech Inc., Taipei, Taiwan) mixture (0.2 mg/100 g of Zoletil 50 and 0.5 mg/100 g
of Xylazine); then, local infiltration anesthesia (xylocaine, 0.2 mL for each surgical incision) was
performed at the surgical sites before surgery. An incision along the periphery of the skull was created
to peel back to the anterior portion of the skull. Two 5 mm critical size defect (CSD) were drilled in the
calvarial bone using a trephine bur and low speed handpiece (as shown in Figure 2b). While drilling
the cranial bone, sterilized saline was continuously injected to cool the drilling heat. The defects were
covered with the regeneration membrane (a circular foil 7 mm in diameter and 0.4 mm thick) made by
ECO505 raw material. Control and experimental groups (ARRm-H380 and ARRm-H380-F24 h) were
employed to realize the applicability and performance of the regeneration membranes. After surgery,
the wounds were closed by 5–0 non-absorbable silk sutures and antibiotics applied to prevent wound
infection. At least four SD rats are examined for each group and time point (n = 4).

2.7. Micro-CT Analysis and 3D Image Reconstruction

To obtain both qualitative and quantitative data of the bone regeneration level within the CSD,
a μ-CT (Skyscan 1076, Kontich, Belgium) was used to scan the cranial bone. The sham, ARRm-H380
and ARRm-H380-F24 h groups were measured at 4-week and 12-week time points. The voltage and
X-ray current were controlled at 90 kV and 110 μA, respectively. The examined cranial bones and
ECO505 regeneration membranes were scanned through a 360◦ rotation angle, with a rotation interval
of 1◦ and pixel size of 18 μm resolution. From the data measurement with SkyScan software (Version
1.4.4, Kontich, Belgium), a cylindrical region of interest (ROI) 5 mm in diameter within the CSD site
was selected for analysis. The volume and diameter of the bone growth were measured as the new
bone volume fraction (%). The scanned cranial bone data were then reconstructed by Mimics software
(Version 4.0, Materialise NV, Leuven, Belgium) to obtain high-quality 3D reconstructions. For clear
identification, the original cranial bone and new bone were colored gray and light blue, respectively.

2.8. Statistical Analysis

The results of mechanical and in vivo implantation experiments are given as the mean
viability value ± standard deviation. Analysis of one-way variance (ANOVA) was conducted to
evaluate the statistical significance of differences. Differences at p ≤ 0.05 were considered to be
statistically significant.

3. Results and Discussion

3.1. Metallographic and Microstructure Observation

Figure 3 presents the optical micrographs of the as-cast, as-homogenized, as-extruded and
as-rolled specimens. For the ECO505 billet, abundant MgZn2 particles (the main secondary phase in
Mg-Zn-Zr alloy) distributed along the grain boundary can be seen. These brittle secondary phases
might affect the hot-working behavior of the Mg alloy. Prasad et al. suggested that applying
a homogenization heat treatment can dissolve the intermetallic particles and improve the hot
workability [21]. In the present study, after a homogenization treatment at 380 ◦C for 12 h, most of the
MgZn2 phases were dissolved into the Mg matrix. The microstructure of the homogenized specimen
was characterized as equiaxed grains with an average grain size of about 90 μm. Figure 3d shows a
typical extrusion feature, in which dynamic recrystallization (DRX) grains, with an average grain-size
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of about 15 μm, can be observed in the matrix. Figure 3e,f show macrograph and optical images of the
ARRm. With respect to the macrograph, the ARRm showed no cracks, voids or severe-edge cracking.
Its microstructure was fully evolved to a fine DRX microstructure without twins or other harmful
defects, the average grain size of which was around 4.8 μm. The alloying elemental compositions of
the ARRm are presented in Table 1. As seen, ARRm contains low amounts of noble impurities (such as
Fe, Cr, Ni, Cu) and shows an acceptable level, indicating that the metallurgy and plastic deformation
process in this work are feasible.

Figure 3. Typical macrograph and/or microstructures of each group: (a) macrograph of ECO505
billet; (b) microstructure of as-cast ECO505; (c) microstructure of as-homogenized ECO505 billet;
(d) microstructure of as-extruded ECO505; (e,f) macrograph and microstructure of as-rolled ECO505
(named as ARRm).

Table 1. Elemental composition of ECO505 made regeneration membrane (unit: wt. %).

Group Zn Zr Fe Cr Ni Mn Cu Mg

ECO505 5.02 0.48 0.0012 0.0010 0.0023 0.0102 N.D. Bal.
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3.2. Solid-Solution Heat Treatment Modification and Mechanical Properties

Figure 4 shows the hardness variation curves of the ARRm samples isothermally heat treated at
340, 360, 380, 400 and 420 ◦C for 1 h. For the specimens heat treated at 360 ◦C, the hardness value
slightly decreased to 85 HV, which indicates insufficient solid solution efficiency. The hardness value
decreased with increasing heat treatment temperature, particularly for specimens heat treated at
temperatures higher than 380 ◦C. For the treatment temperature of 380 ◦C, the matrix was significantly
softened (65 HV) than 340 ◦C and 360 ◦C treated groups. This phenomenon also means that the brittle
secondary phases can be easily dissolved at 380 ◦C; therefore, we selected the temperature control of
380 ◦C for the ARRm heat-treatment process.

Figure 4. Vicker’s hardness variation curves of different heat treatment temperature. (Data presented
as mean ± SD, n = 4 and analyzed using a one-way ANOVA, * p < 0.05) (red dash line: the Vicker’s
hardness of un-solution heat treated specimen).

Figure 5 shows the microstructure evolution of ARRm isothermally heat treated at 380 ◦C for 1 h,
2 h, 4 h and 10 h, the characteristics of which were used to determine the optimum heat treatment
time. Both the ARRm-380 ◦C_1 h and ARRm-380 ◦C_2 h featured many fine recrystallized grains,
revealing that the fully recovered matrices had equiaxed grains with an average grain size of 5.6 μm
and 7.8 μm, respectively. The average grain sizes of ARRm-380 ◦C_4 h and ARRm-380 ◦C_10 h
significantly grew to 18 μm and 26 μm, respectively. Notably, the tensile properties of ARRm-380 ◦C_1 h
and ARRm-380 ◦C_2 h showed an obvious improvement in elongation (see Figure 5e and Table 2).
According to many previous reports, this improvement is related to the grain boundary sliding
(GBS) phenomenon. GBS always occurs in fine-grained microstructures with a grain size smaller
than 10 μm [22]. With further increases in treatment time, the time variation significantly altered
the microstructure and tensile elongation. The tensile results clearly indicate that the mechanical
behavior of ARRm improved with increases in the 380 ◦C heating duration until 2 h. Prolonging the
heating duration of the ARRm heat treatment beyond 4 h led to a serious drop in elongation and yield
strength behavior. Obviously, the specimens heat treated at 380 ◦C for 4 h and 10 h had lower yield
strengths (189 MPa and 179 MPa, respectively) and elongations (11.2% and 11.1%, respectively) and
displayed the overheating condition, as evidenced by their big grain sizes not being able to trigger
GBS. Considering the application requirements, the elongation of the regeneration membrane must be
optimized for the clinical pre-bending procedure. In the present cases, the ARRm-380 ◦C_2 h specimen
not only maintained a small grain size, but the brittle MgZn2 particles also dissolved, yielding a
synergistic effect that provided the best elongation of 20.2%. Therefore, the heat-treatment parameter
of 380 ◦C for 2 h can be considered as the optimal condition for ARRm, and was named ARRm-H380
to show its representative meaning.

78



Metals 2017, 7, 481

Table 2. Mechanical parameter results of the tensile test (Data presented as mean ± SD, n = 4).

Parameter ARRm ARRm-380 ◦C_1 h ARRm-380 ◦C_2 h ARRm-380 ◦C_4 h ARRm-380 ◦C_10 h

UTS (MPa) 268 ± 12 251 ± 9 256 ± 5 224 ± 8 210 ± 5
YS (MPa) 248 ± 8 207 ± 7 200 ± 6 189 ± 6 179 ± 3
EL. (%) 8.5 ± 0.4 19.1 ± 0.6 20.2 ± 0.4 11.2 ± 0.5 11.1 ± 0.3

Figure 5. Typical microstructures and tensile stress-strain curves of each groups: (a) ARRm-380 ◦C_1 h;
(b) ARRm-380 ◦C_2 h; (c) ARRm-380 ◦C_4 h; (d) ARRm-380 ◦C_10 h, (e) stress-strain curves

3.3. Effect of Solid-Solution Treatment and Fluoride Coating on Anti-Corrosion Ability of Mg
Regeneration Membrane

Figure 6a,b show the surface morphologies of the fluoride coatings deposited on the ARRm
and ARRm-H380 substrate (named ARRm-F24 h and ARRm-H380-F24 h, respectively). The coatings
on both surfaces were neat and clean, without obvious coating defects or particle contaminants.
The growth reactions of the fluoride conversion coating on the magnesium surface are described in
the following:

Mg → Mg2+ + 2e− (1)

2H2O + 2e− → H2 + 2OH− (2)

Mg2+ + 2OH− → Mg(OH)2↓, ΔG = −64.51 kJ (3)

Mg(OH)2 + 2HF → 2H2O+ MgF2↓, ΔG = −232.14 kJ (4)

The EDS spectrums of the ARRm-F24 h and ARRm-H380-F24 h specimen confirm the presence of
the MgF2 on the surface, moreover, the fluorine amount of ARRm-H380-F24 h is significantly higher
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than ARRm-F24 h. ARRm-F24 h possessed only a 1.6 μm fluoride layer, while ARRm-H380-F24 h
possessed a 2.3 μm fluoride layer, as shown in Figure 6e,f, respectively. According to our previous
work, the fluoride coating of the Mg-Zn-Zr series alloy is composed of nano-MgF2 and MgZn2, with the
distribution and homogeneity of the latter playing a key role in the coating formation mechanism [20].
Interestingly, the heat-treated specimens offered a 1.44-fold higher coating conversion efficiency, and
consequently obtained a thicker coating structure than the non-heat-treated specimens. Generally
speaking, a thick and dense coating offers better anti-corrosion performance.

 

Figure 6. Surface morphologies, elemental analysis and cross-section profiles of the fluoride coated
surfaces: (a) ARRm-F24 h surface; (b) ARRm-H380-F24 h surface; (c) EDS spectrum acquired from
ARRm-F24 h surface; (d) EDS spectrum acquired from ARRm-H380-F24 h surface; (e) cross-section
profile of ARRm-F24 h; (f) cross-section profile of ARRm-H380-F24 h.

In-vitro electrochemical polarization tests are commonly used to evaluate the corrosion resistance
of biodegradable metals. For the electrochemical reaction of the Mg alloy, the cathodic reaction
mentioned above (Equation (2)) is the water-reduction reaction, which is also closely related to the
driving force of hydrogen gas evolution; meanwhile, the anodic reaction represents the oxidation
driving force of the α-Mg matrix (Equation (1)). Figure 7 shows the typical polarization curves of each
experimental group in the r-SBF solution at 37 ◦C. The corrosion current density (Icorr) is the most
important electrochemical parameter, and is often used to calculate polarization resistance (Rp) [23].
Icorr can be derived via the intersection point of Ecorr and the cathodic extrapolation line. Thereafter,
Rp can be calculated using the Stern-Geary equation, the results of which are listed in Table 3.

Among the ARRm, ARRm-F24 h, ARRm-H380 and ARRm-H380-F24 h groups, the ARRm
unmodified group showed the highest Icorr and lowest Rp of 31.6 μA/cm2 and 1046 Ω·cm2, respectively,
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which indicates that it might encounter severe oxidation and corrosion in a physiological electrolytic
environment. After solid-solution heat treatment, the MgZn2 phases decomposed and dissolved
into the α-Mg matrix of ARRm-H380 (fewer micro-galvanic couples), resulting in a lower Icorr (21.2
μA/cm2) than ARRm. Moreover, the significant change in current slope suggests that the ARRm-H380
microstructures had the passivation behavior, which indicates that a protective oxide film formed on
the surface [24]. This protective oxide film can inhibit aggressive ions from penetrating and reacting
with the inner metal surface, thereby reducing the risk of forming hydrogen cavities and releasing
highly-concentrated alkali ions [25]. Both the cathodic and anodic current densities were significantly
reduced in the presence of the MgF2 coating; in particular, ARRm-H380-F24 h offered the highest
corrosion resistance and lowest anodic current density, and featured a wide passivation window (Ebreak
− Ecorr), indicating that the solid-solution heat treatment could further trigger better coating quality,
performance and the overall anti-corrosion ability.

Rp =
βaβc

2.303(βa + βc)Icorr

where Icorr is the corrosion current density, while βa and βc are the anodic and cathodic slopes,
respectively, as obtained from the Tafel region.

Figure 7. Electrochemical polarization curves obtained in r-SBF solution at 37 ◦C.

In our previous work, a duplex modified (microstructure modified and surface coated)
Mg-Zn-Zr alloy was developed [20]. Although this material exhibited improved anti-corrosion
behavior, the importance of the solid-solution heat treatment for fluoride conversion has not been
discussed. To further understand the effect of pre-solid-solution heat treatment, the protection
efficiency percentage (PE%) is employed to elucidate the importance and contribution of this novel
fabrication process.

PE(%) =
Icorr,sub − Icorr,MgF2

Icorr,sub
× 100%

The PE value of the fluoride coating grown on the ARRm substrate was found to be smaller
(~80.3%) than that of the ARRm-H380 substrate (~93.8%); this may be due to the latter having superior
coating homogeneity and a thicker coating. It is worth noting that the solid-solution heat treatment
can balance the potential difference between the MgZn2 particles and Mg matrix. Moreover, owing to
hydrogen gas evolution usually occurring at the micro-cathode site, the solid-solution heat treatment
can also prevent the formation of a coating-depletion region on un-dissolved MgZn2 particles, resulting
in higher coating efficiency and protection ability (as shown in Figures 6 and 7).
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Table 3. The resultant electrochemical polarization parameters.

Group Ecorr (V) Icorr (μA/cm2) βcathodic (V/dec) βanodic (V/dec) Rp (Ω·cm2) PE (%)

ARRm −1.44 31.6 0.32 0.10 1046 -
ARRm-F24 h −1.48 6.2 0.25 0.64 12,590 80.3
ARRm-H380 −1.40 21.2 0.23 0.16 1932 -

ARRm-H380-F24 h −1.40 1.3 0.25 0.53 56,739 93.8

3.4. Effect of Clinical Pre-Bending Procedure on Corrosion Rate and Behavior of Mg Regeneration Membrane

Considering the practical application of the dental GBR procedure, dentists need to bend (inducing
strain and residual stress) the regeneration membrane to fit the alveolar ridge [5]. However, Mg-based
alloys generally have a known issue, namely the stress-corrosion cracking (SCC) phenomenon,
which can accelerate localized corrosion and further cause early failure of the materials [26]. Therefore,
the additional effect of bending residual stress on Mg regeneration membranes must be considered
and examined before clinical trial. To realize the effect of bending-corrosion behavior, un-bent/r-SBF
immersion and pre-bent/r-SBF immersion experiments are discussed in the following.

The un-bent/immersion experiment was carried out at 37 ◦C in r-SBF for 1, 2 and 4 weeks.
Figure 8a shows the corrosion rate data calculated from the normal/immersion test. During the
testing period, the corrosion rates of the modified samples were significantly higher than those
of the unmodified samples, the corrosion-trend sequence of which from fast to slow corrosion is:
ARRm > ARRm-H380 > ARRm-F24 h > ARRm-H380-F24 h. In addition, the corrosion trends of the
immersion and electrochemical tests were identical. Figure 8b shows typical corroded surfaces of
the different samples tested in r-SBF. The surface corrosion morphologies of the ARRm-H380 and
ARRm-H380-F24 h specimens after 1, 3 and 7 days immersion shows the most homogeneous corrosion
morphology. By contrast, localized corrosion, characterized by severe oxidation from the surface to the
interior of the matrix, can be observed in the ARRm and ARRm-F24 h samples.

Figure 8. (a) Corrosion rates calculated from immersion test; (b) corrosion macrograph (red arrow: the
location of corrosion pits).
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Figure 9 presents the corrosion macrograph and micrographs of pre-bent/r-SBF immersion
specimens. There are two regions of note on the pre-bent specimens. Firstly, the top surface
of the strained area is where large tensile stress is located. Only the ARRm specimen displays
poor anti-stress corrosion performance, as compared with the other three specimens. Secondly,
due to the heterogeneous contact interface of the nylon screw fixation site, crevice corrosion might
be triggered. According to related reports, Ghali et al. stated that crevice corrosion could be
initiated due to the different hydrolysis rates between the heterogeneous contact interface of Mg
alloys. Accordingly, the formation of Mg(OH)2 could affect the corrosion driving force between the
Mg regeneration membrane/screw interface in the crevices [27]. As seen in Figure 9a, the screw
fixation interface of the ARRm, ARRm-F24 h, and ARRm-H380 specimens display severe crevice
corrosion and accumulation of corrosion-product morphologies; however, the corrosion damage of
the heat-treated sample (ARRm-H380) was clearly less than that of the ARRm and ARRm-F24 h
samples. Notably, ARRm-H380-F24 h showed a satisfactory crevice corrosion-resistant behavior
without significant corrosion damage, confirming that the solid-solution heat treatment can improve
crevice-corrosion resistance.

 
Figure 9. The pre-bent/immersion test examined specimens: (a) macrograph; and micrograph of
(b) ARRm; (c) ARRm-F24 h; (d) ARRm-H380; (e) ARRm-H380-F24 h.

After immersion in r-SBF for 1 week, the corrosion trends from the un-bent/immersion and
pre-bent/immersion tests were the same (Figure 10); however, the corrosion rates calculated from the
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pre-bent/immersion test were higher than those calculated from un-bent/immersion test. This can be
logically explained by the effects of the bending residual stress and heterogeneous interface (screw
fixation site), which can further accelerate the corrosion reaction.

Figure 10. Corrosion rates calculated from un-bent/immersion (marked as normal) and
pre-bent/immersion test (marked as pre-bending).

Relatively higher degradation rates for the non-coated series groups (namely ARRm and
ARRm-H380) were found, which suffered aggressive corrosion by chlorine and/or other reactive
ions. By comparison, after the H380 treatment, the specimens showed relatively lighter corrosion
than the untreated ARRm. Moreover, the results also indicate that the fluoride coatings formed on
the H380-treated specimens are denser and have fewer defects, thereby providing lower corrosion
rates. As such, it is of great significance to reduce the secondary phase of the Mg alloy substrate
(the contribution of H380), in order to improve the coating integrity and its protection against corrosion.
Song et al. reported similar outcomes, where pre-solid-solution treatment could effectively improve
the coating integrity of a Mg-2Zn-Mn-Ca-Ce alloy [28]. Considering that the performance of the
heat-treated samples was superior, the following animal experiments only used the ARRm-H380 and
ARRm-H380-F24 h alloys to examine the practicability.

3.5. In Vivo Degradation and Bone Healing Situation

During the implantation period, all experimental rats showed good health and wound healing
until the end of this research. There were no severe side effects, obvious weight reduction, allergies,
rejection and postoperative infection in the rats. Figure 11 shows the hydrogen accumulation
phenomenon in the ARRm-H380 group after 4 weeks and 12 weeks of implantation. As can
be seen, the photograph shows that ARRm-H380 produced a subcutaneous hydrogen gas cavity,
indicating that the degradation amount of ARRm-H380-F24 h was significantly lower than ARRm-H380.
The generation of hydrogen gas cavity is inevitable, due to the nature of Mg corrosion. This issue
might cause swollen feeling at implanted area. Fortunately, swollen feeling can be minimized by
subcutaneous puncture procedure (to leak the hydrogen cavity).
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Figure 11. Hydrogen gas cavity and allergy observation.

As shown in Figure 12, the difference in degradation between ARRm-H380 and ARRm-H380-F24
h lies in the corrosion behavior. Whereas the ARRm-H380 sample showed a homogenous corrosion
morphology, resulting in an evenly corroded cross-section, the ARRm-H380-F24 h specimen showed a
localized corrosion morphology due to the corrosive factors penetrating into the substrate at the weak
points in the fluoride coating [29]. Therefore, the weak points corroded first, after which they evolved
into localized corrosion pits and/or holes. Furthermore, the thickness and weight retention of the
degraded ARRm-H380-F24 h was significantly thicker and heavier than the degraded ARRm-H380,
which means that the degradation and amount of released Mg ions of ARRm-H380-F24 h were
relatively lower than for ARRm-H380.

 

Figure 12. (a) 3D images of implanted Mg samples; (b) weight retention calculated from CT data.
(arrow: the location of initial corrosion pit).

Figure 13 presents the 3D reconstruction images derived from the μ-CT analysis. The sham group
showed no significant new bone regeneration; a bone fracture of the 5 mm size-level defect can not
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be healed because the rat cranial bone lacks blood supply and muscle tissue. However, a remarkable
new bone-regeneration phenomenon can be observed in the ARRm-H380 group after 4 weeks and
12 weeks implantation. In comparison, the ARRm-H380-F24 h group showed relatively lower new
bone-regeneration capability than with ARRm-H380.

 

Figure 13. (a) 3D images of CSD sites of different experimental groups; (b) new bone volume fraction
calculated from CT data. (Data presented as mean ± SD, n = 4 and analyzed using a one-way ANOVA,
* p < 0.05).

Interestingly, in comparing Figures 12 and 13, it appears that a higher degradation amount of Mg
substrate leads to superior bone regeneration ability. Hence, our results indicate that Mg ions act as an
effective factor for bone growth. Moreover, with respect to the statistical data (Figure 13b), it seems
clear that the bone-regenerative capability of the Mg-based regeneration membrane accelerated bone
tissue formation. The new bone volume fraction with the ARRm-H380 membrane approached almost
100% after 12 weeks implantation. Previous reports have verified that Mg ions act as a stimulator to
enhance cell proliferation and migration, and that the functional biochemical stimulation of Mg ions can
improve wound healing in vitro and in vivo [7,30]. To the best of our knowledge, this report is the first
to discover that Mg-based materials are capable of being applied in dentistry with excellent outcomes.
This suitability could be attributed to the excellent mechanical structuring function and appropriate
degradation properties of modified ECO505 (especially ARRm-H380 and ARRm-H380-F24 h).

In this study, we demonstrated the first report of the promoting effect for bone healing of the
cranial bone in SD rats using modified ECO505 magnesium alloy to acquire the proper magnesium
releasing concentration for bone tissue regeneration. According to the referenced articles and the
study reported here, we created a representative illustration to demonstrate the promoting mechanism
(see Figure 14). These results verified that the ARRm-H380 possessed a proper Mg-releasing ability to
stimulate and enhance the regeneration of the bone defect areas, which is one of the key success factors
for a GBR material. Although ARRm-H380-F24 h showed relatively lower bone-regeneration ability,
its delayed degradation characterization can be effectively applied in older patients who generally
require more recovery time. Therefore, this research successfully provides two future therapy solutions
for different patients or therapy demands, namely short implantation period with ultra-fast healing
effect, and long implantation period with moderate healing effect.
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Figure 14. Schematic representation of Mg-based regeneration membrane degradation and new bone
regeneration characteristics.

4. Conclusions

1. The environmentally friendly ECO505 material was successfully developed as the raw material
of a novel Mg-based regeneration membrane.

2. The H380 solid-solution treatment could lead to the recovery of the matrix, refinement and
reduction of the MgZn2 secondary phases while enhancing elongation. Optimization of
the solid-solution heat treatment requires the precisely controlled condition of 380 ◦C_2 h
to prevent excessive grain growth in the ARRm material, resulting in ultimate elongation
(20.2%). The mechanical properties of the coarse-grained microstructure (ARRm-380 ◦C_4 h and
ARRm-380 ◦C_10 h) are not reliable for practical application.

3. ARRm-H380 can form a better fluoride coating quality on substrates than non-heat-treated
ARRm substrate, thereby showing a higher gain of PE value (93.8%) and corrosion resistance
(56 kΩ·cm2).

4. ARRm-H380 and ARRm-H380-F24 h specimens can effectively enhance corrosion resistance
and minimize the effects of stress corrosion and crevice corrosion, and so constitutes promising
candidates for regeneration membrane treatment.

5. ARRm-H380 had a significant positive influence on new bone regeneration, where the CSD could
heal almost 100% after 12 weeks implantation. In addition, although ARRm-H380-F24 h showed
relatively lower bone regeneration ability, it nevertheless exhibited better long-term corrosion
resistance than ARRm-H380.
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Abstract: Biodegradable metal foams have been studied as potential materials for bone scaffolds.
Their mechanical properties largely depend on the relative density and micro-structural geometry.
In this work, mechanical behavior of iron foams with different cell sizes was investigated under
various compression tests in dry and wet conditions and after subjected to degradation in
Hanks’ solution. Statistical analysis was performed using hypothesis and non-parametric tests.
The deformation behavior of the foams under compression was also evaluated. Results show that
the mechanical properties of the foams under dry compression tests had a “V-type” variation,
which is explained as a function of different geometrical properties by using a simple tabular method.
The wet environment did not change the compression behavior of the iron foams significantly
while degradation decreased the elastic modulus, yield and compression strengths and the energy
absorbability of the specimens. The deformation of open cell iron foams under compression is viewed
as a complex phenomenon which could be the product of multiple mechanism such as bending,
buckling and torsion.

Keywords: biodegradable metals; iron foam; scaffold; compression; degradation; cell size; open
cell foam

1. Introduction

Porous metals or metal foams are used in different applications where altered material properties
of the parent metal are beneficial to the quality of the application. In biomedical engineering, metal
foams can be used for biodegradable orthopedic implants such as bone scaffolds. Although foaming
does not change all the material properties of the cell-wall material, there are properties which
depend on the density (and therefore porosity) and micro-structural geometry of cellular materials:
“the stiffness, the mechanical strength, the thermal and electrical conductivity as well as acoustic
properties” [1]. One should note that the stiffness (elastic modulus) of a cellular structure, e.g., iron
foam, depends on the architecture of the structure to a great extent. Therefore, it should not be confused
with the elastic modulus of the cell wall material, e.g., iron [1]. As stated in [2], the material properties
of metal foams “most directly” depend on the relative density and the properties of the parent material.
However, structural properties such as pore sizes, cell types, etc. also influence the material properties
of the foams. Bone scaffolds are implanted in the body to serve as a platform on which bone formation
takes place. An ideal bone scaffold would resemble the mechanical properties of the natural bone.
One advantage of porous metals over solid metals is their lower stiffness, which makes it closer to that
of a bone. This would help to reduce stress shielding which can happen in case of using solid metals
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due to their higher Young’s modulus than that of the bone. Porous structure can also contribute to new
tissue infiltration and bone formation [3,4]. The structure of the porous scaffold (pore size distribution,
interconnectivity and porosity) is an influential factor on the quality of the scaffold as it affects the
level of cell penetration, cell growth and material transportation into and out of the scaffold [5].

Different biocompatible porous metals have been studied to serve as scaffolds for orthopedic
applications: tantalum, magnesium and its alloys, titanium and its alloys, and iron-foam based
materials [5,6]. Magnesium, iron and zinc are considered as biodegradable metals. However, among the
available studies on biodegradable systems, the majority of the investigations have been on magnesium
based materials due to their non-toxicity and similar mechanical behavior to that of human bone [7].
There have been controversies over biocompatibility of iron due to the emergence of metallosis, local
destruction of tissues as a result of mechanical-biological, electro-energetic, and chemical-toxic effects
of metal after implantation, of iron implants [8]. Nevertheless, there exist studies that show iron-based
materials are possibly suitable for temporary biodegradable implants [9,10]. They provide answers to
the two major drawbacks of magnesium-based materials which are high degradation rate that limits
the use of such materials on small implants with approximate life span of 6–12 months, and hydrogen
evolution during corrosion that can disturb the healing process [7,11–13]. Mechanical properties
of iron-based alloys, e.g., strength and ductility, can be easily tailored to meet the criteria for some
biomedical applications. They are viewed as good candidates for load bearing biodegradable implants
owing to their high mechanical properties, e.g., high strength [13], and biocompatible, non-toxic
characteristics [7]. However, a major challenge of using iron as a biodegradable implant is its slow rate
of degradation [7,14]. Different approaches have been proposed to improve the corrosion rate of iron
such as alloying elements modification, poly(lactic-co-glycolic acid) infiltration, and coating [6,15–17].
The objective of this study is to investigate the mechanical behavior of iron-foams as a function of their
structural geometry where several iron foam specimens with different structural properties underwent
uniaxial compression tests. Results are discussed in terms of the influence of porous properties, i.e., cell
size, pore size, number of pores and strut thickness, and influence of environmental conditions, i.e., wet
and dry condition as well as degradation on mechanical behavior of iron foam samples. Deformation
mechanisms of iron foams under compression were also studied using scanning electron microscope
images (SEM) analysis.

2. Materials and Methods

2.1. Iron Foam Specimens

The specimens were open cell pure iron foam with nominal cell diameters of 450 (IF45), 580 (IF58)
and 800 (IF80) μm manufactured by Alantum. The foams were produced by the replication of open
cell polyurethane (PU) foams [18]. To do so, a thin layer of Ni is sputtered on the PU foam to make
the foam conductive for the following electroplating process. Then, iron would be electroplated on
the foam to produce the open cell iron foams [18]. Measurements of cell sizes, pore sizes and strut
thicknesses of iron foam samples were performed using scanning electron microscope images (SEM,
Quanta 250 FEI, Hillsboro, OR, USA). More details on the geometrical measurement are available
in Section A of the Supplementary Materials (Figure S1 and Table S1). One should note that these
measurements were conducted on 2D images, and the 3D structure of the foams was not considered.
Thus, the average measurements should be considered as estimations. The relative density of a foam is
defined as ratio of the foam density over the density of the cell-wall material (ρ*/ρs) [19]. To obtain the
foam densities, the iron foam sheets were cut into cubic specimens by a stainless-steel scalpel. For each
group of iron foams, three specimens were used. The dimensions of the specimens were measured via
caliper to obtain the apparent volume (the bulk volume which contains the struts and pores). The mass
of each specimen was measured via a sensitive digital scale. The foam densities were calculated as
the ratio of masses over apparent volumes. The density of the cell-wall material (iron) was taken as
7.874 (g/cm3). The calculated average relative density values of IF45, IF58 and IF80 samples were
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0.038, 0.027 and 0.025, respectively (Table 1). It should be mentioned that for calculation of the relative
densities, it was assumed that the solid structures of the foams contained only iron, and no remainder
of PU was present. To prepare the cubic samples for the mechanical tests, they were initially cut from
the sheets via a stainless-steel scalpel slightly larger than the final dimensions, and the thicknesses
remained unchanged. Then the width and length were reduced to the final dimension by a rotary
cutting tool kit. The nominal width and length of iron foam specimens considered for dry compression
tests was 10 mm × 10 mm, and the nominal thickness (along the loading direction) for IF45, IF58 and
IF80 was 1.7, 2.1 and 2.6 mm, respectively. According to [20], the minimum requirement for the size of
all the spatial dimensions of the specimens and for their ratio to the average pore size is 10 mm and 10,
respectively. The length and width of the iron foam specimens satisfy both mentioned requirements
and have been verified as detailed in Section B of the Supplementary Materials (Figure S2). For wet
compression tests and immersion tests, the specimens (only IF80) had similar nominal dimensions as
the dry test specimens. To understand the deformation mechanisms, a new set of IF45 specimens were
prepared to undergo dry compression tests before SEM observations. They were also prepared in the
same fashion as other specimens with similar nominal dimensions. However, because no quantitative
analysis was involved in this part, the accuracy of measured dimensions was not critical.

2.2. Mechanical Testing

2.2.1. Compression Test Parameters and Conditions

Figure 1 presents typical stress–strain curves of metallic foams under compression. Different
specimen sizes and cross-head speeds were considered initially to choose proper test parameters.
Finally, it was decided to use specimens with compression area of 100 mm2 (A = 10 × 10 mm2) and
the cross-head speed 0.001 mm/s for all the tests and analyses. The compression tests under dry and
wet conditions were carried out by Instron machine (ElectroPuls E1000, Instron, Norwood, MA, USA)
with a 2 kN load cell. The details of the procedure for choosing the test parameters as well as the
dry compression stress–strain curves of all the iron foam samples are available in Section B of the
Supplementary Materials (Figures S2–S5).

Figure 1. (a) A typical stress–strain curve of a foam under compression, numbers indicate different
methods to define the compression strength; and (b) determination of densification strain. Adapted
from [21,22].

Given that the biological environment within the body is not dry, wet compression tests were
carried out on IF80 specimens to provide a more realistic condition. The tests were conducted within
Hanks’ solution (H1387, Sigma Aldrich, Saint Louis, MO, USA) at 37 ◦C filled into a cylindrical
bath (inside diameter = 140 mm, solution fill height = 50 mm) mounted on the Instron machine
after the specimen is fixed without gap within the platens (diameter = 50 mm, thickness = 25 mm)
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and before loading. The configuration allowed the solution to escape during compression and
hydrostatic pressure was avoided. In addition, considering that the environment within the body
is corrosive, static immersion tests were conducted on IF80 specimens to investigate the effects of
degradation on mechanical behavior of iron foams. In the static immersion, the specimens were hung
from a wire and submerged in 100 mL of the Hanks’ solution then placed in separate incubators
(ThermoFisher Scientific, Waltham, MI, USA) for three or seven days at 37 ◦C and 5% CO2 atmosphere.
The compression test parameters and the specimen nominal sizes were identical to those of the
previous dry and wet tests. Finally, a few compression tests were performed on IF45 specimens in
order to understand the deformation and failure mechanism of iron foams under compression. To do
so, the specimens underwent compression up to different strain levels and then they were observed
under SEM.

2.2.2. Compression Properties

In order to assess the mechanical behavior of the iron foams, the following properties were
determined using the stress–strain response of the specimens: Elastic modulus (E), yield strength
(σy), compression strength (σc), densification strain (εD) and the energy absorbability per volume
up to the point of densification (W). The elastic modulus values were approximated by the linear
fitting tool of the Quick Fit Gadget provided in OriginPro 2016 software (OriginLab, Northampton,
MA, USA). After estimating the slope of the linear elastic regime (E) on each stress–strain curve,
the yield strength was approximated by 0.2% offset method [23]. For most of the iron foam specimens
investigated in this study, compression strength (σc) was taken as the first local maximum after elastic
regime (marked by 2 and σc in Figure 1a,b, respectively). However, if there was no apparent first local
maximum, an arbitrary local maximum in the plateau region was chosen to represent the compression
strength stated by Banhart and Baumeister [21]. Densification strain (εD) can be defined as a strain
at which densification begins. However, because normally there is no abrupt transition from plateau
regime to densification regime, εD can be defined as the intersection of the tangents to the plateau
and densification regimes (marked as εD in Figure 1b) [22]. In this study, it was tried to draw the
tangents from the midpoint of the plateau regime (where the second derivation is close to zero) and
from a part of the densification regime where the slope seems to become stable. The points were
selected by eyeballing. A larger εD implies that the material undergoes higher strains before the onset
of densification. The value of energy absorbed per volume up to the densification strain (W) is equal to
the area underneath the stress–strain diagram from ε = 0 to ε = εD, expressed as [22]:

W =
∫ εD

0
σ(ε)dε (1)

The point of ε = 0 was determined as the intersection of the line continuing the linear elastic
regime with the strain axis. This method was inspired from the definition of the “zero point for the
compressive strain” provided in [20]. High energy absorption capacity indicates the higher level
of impact absorption by the material. However, in order to study the impact behavior in a more
comprehensive fashion, conducting dynamic impact tests with higher strain rates beside static tests is
recommended [24].

2.3. Statistical Analysis

Values of E, σy, σc, εD and W were compared against one another for different groups of specimens
via statistical analysis and were shown as mean ± standard deviation. In order to draw a reliable
conclusion, hypothesis tests (One-way ANOVA, t-test) along with non-parametric tests (Kruskal–Wallis
ANOVA, Two-Sample Kolmogorov–Smirnov Test) were carried out in the OriginLab software.
The non-parametric tests were conducted due to the small sample sizes. Unlike parametric hypothesis
tests, the normal distribution of population is not assumed when conducting non-parametric tests [25].
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3. Results

3.1. Iron Foam Structure

Figure 2 depicts the structure of iron foams with different average cell sizes. It shows that IF80
specimens tend to have thicker struts than those of IF45 and IF58 specimens. Strut thicknesses of
the iron foams of different cell sizes are shown in Table 1. The mean values of both branch-strut and
end-strut thicknesses of the IF80 specimen are significantly higher than those of the IF45 and IF58
specimens. Definition of cell size, branch-strut and end-strut as well as detail measurement are given
in Figure S1 and Table S1 of the Supplementary Materials.

Figure 2. Scanning electron microscope (SEM) images of iron foam structures: (a) IF45; (b) IF58; and
(c) IF80.

Table 1. Relative density, cell size, end-strut and branch-strut thicknesses of the iron foams.

Specimen
Relative
Density

Cell Size (μm) Pore Size (μm) * End-Strut (μm)
Branch-Strut

(μm)

IF45 0.038 ± 0.001 461.77 ± 72.26 155.59± 27.94 74.73 ± 10.30 55.52 ± 6.18
IF58 0.027 ± 0.001 617.73 ± 76.08 150.8 ± 29.43 63.62 ± 9.95 59.88 ± 7.55
IF80 0.025 ± 0.001 828.11 ± 79.87 157.33 ± 28.50 97.79 ± 17.54 80.91 ± 12.27

* Between 100 and 200 μm.

3.2. Dry Compression Behavior of the Iron Foams

The stress–strain curves resulted from the dry compression tests on iron foams of different cell
sizes are shown in Figure 3. The shifting of the curves within a sample group can be the result of
non-identical micro configurations even if they are in the same sample group. The IF45 specimens
tend to have higher compression strength than those of IF58 and IF80 specimens. Strain hardening
up to the peak followed by a softening is more visible in the stress–strain curves of IF45 and IF80
specimens than those of IF58 specimens. Thus, the local maximum after the linear elastic regime
followed by a local minimum in IF58 curves does not stand out as much as it does in IF45 and IF80
curves. The IF58 specimens seem to experience a shorter plateau region than that of IF45 and IF80
specimens. In general, IF45 specimens tend to have the highest strength under compression as they
experience the highest level of stress in all regimes. The compression properties of the iron foams are
summarized in Table 2. There exists a “V-type” variation of the mechanical properties with respect to
the cell sizes, i.e., the mean values of the compression properties of the iron foams of 580 μm nominal
cell sizes tend to be lower than those of the specimens with 450 and 800 μm nominal cell size.
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Figure 3. The stress–strain curves of the dry compression tests for different cell sizes: (a) IF45; (b) IF58;
and (c) IF80.

Table 2. Compression properties of iron foam specimens tested in dry condition.

Specimen E (MPa) σy (MPa) σc (MPa) εD (mm/mm) W (MJ/m3)

IF45 11.60 ± 1.39 0.48 ± 0.07 0.53 ± 0.05 15.03 ± 0.91 0.054 ± 0.009
IF58 8.24 ± 0.67 0.23 ± 0.03 0.26 ± 0.02 9.94 ± 0.54 0.016 ± 0.003
IF80 17.11 ± 2.3 0.36 ± 0.03 0.41 ± 0.04 12.52 ± 0.48 0.033 ± 0.004

3.3. Compression Behavior of Iron Foams in Hanks’ Solution and after Degradation

Elastic modulus, yield and compression strength, densification strain and energy absorbability
of five IF80 specimens under wet compression tests were calculated and compared against those of
IF80 specimens which had undergone dry compression. The properties of specimens after three- and
seven-day immersions were also compared with those which had not undergone any immersion.
The stress–strain diagrams and mean values of compression properties are demonstrated in Figure 4
and Table 3, respectively. None of the properties are significantly affected by the wet environment.
Differently, the compression behavior of IF80 iron foams was affected after three- and seven-day
immersions in Hanks’ solution as shown in Figure 4c,d and in Table 3. All the calculated compression
strength decreased as a result of degradation. However, these reductions are not significant for
densification strain and between the three and seven days after immersion samples.

Table 3. Compression properties of IF80 specimens under dry and wet condition, and after
immersion tests.

Specimen E (MPa) σy (MPa) σc (MPa) εD (%) W (MJ/m3)

Wet condition 14.14 ± 1.39 0.33 ± 0.44 0.37 ± 0.04 12.49 ± 0.27 0.030 ± 0.003
No immersion 14.78 ± 2.28 0.39 ± 0.04 0.43 ± 0.04 13.21 ± 0.96 0.039 ± 0.004

3-day immersion 10.48 ± 1.39 0.25 ± 0.03 0.31 ± 0.04 13.17 ± 0.50 0.027 ± 0.005
7-day immersion 10.06 ± 1.49 0.25 ± 0.03 0.30 ± 0.03 13.09 ± 0.73 0.025 ± 0.004
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Figure 4. The stress–strain curves of IF80 specimens: (a) no immersion; (b) wet conditions; (c) three
days after immersion; and (d) seven days after immersion.

3.4. Statistical Analysis

Both hypothesis tests (ANOVA and Tukey) and non-parametric tests were employed to investigate
the significance of differences among the values of the elastic and plastic properties of the different
iron foams. Figure 5a,b represents the elastic modulus (E) and yield strength (σy) box-charts of the
specimens under compression, respectively. Although both of the properties represent a V-type
variation, an interesting difference is observed between the two: highest elastic modulus is presented
by IF80 specimens, while the highest yield strength is presented by IF45 specimens. Indeed, among
all the determined properties, it is only the elastic modulus that has a V-type variation in which IF80
specimens present the highest values. Figure 5c depicts the compression strength box-charts of the iron
foam specimens of different cell sizes. The figure shows a V-type variation of the strength (Figure 5c).
The mean values of compression strengths within IF45, IF58 and IF80 samples were 0.53, 0.255 and
0.41 MPa, respectively. According to the ANOVA and Tukey tests, at α = 0.05, all the population means
of σy, E and σc were significantly different from one another. The results obtained from non-parametric
tests agreed with those of hypothesis tests: the null hypothesis in Kruskal–Wallis ANOVA test was
rejected at significance level of 0.05. Two-sample Kolmogorov–Smirnov (K–S) tests with significance
level of 0.05 were carried out within each possible sample pair. The results of K–S tests showed that all
the distributions were significantly different from one another, except for the case of the yield strength
difference between IF45 and IF80 samples which contradicts the result drawn from the Tukey test.
However, given the difference shown by the box-chart of Figure 5b, the Tukey test result seems to
be more reliable, i.e., the difference between the yield strength value of IF45 and IF80 populations
is significant.
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Figure 5. Box charts for iron foam specimens of different cell sizes: (a) elastic modulus; (b) yield
strength; (c) compression strength; (d) densification strain and (e) energy absorbability.

Figure 5d depicts the densification strain (εD) box-charts of the iron foam specimens of different
cell sizes. Similar to the compression strength variations, IF45 and IF58 samples show the highest and
the lowest values of densification strain, respectively (V-type variation). Both One-way ANOVA and
non-parametric Kruskal–Wallis ANOVA tests were conducted to evaluate the significance of difference
between the populations. Based on the ANOVA and Tukey test results, all the population means were
significantly different form one another with a significance level of 0.05. This was in agreement with
the result obtained by Kruskal–Wallis ANOVA test at α = 0.05, and the three two-sample K–S tests
between pairs at α = 0.05. Therefore, it can be concluded that IF45 and IF58 samples possess the highest
and the lowest level of densification strain, respectively. Figure 5e depicts the amount of absorbed
energy per Volume (W) up to the densification strain for specimens of different cell sizes which
was also compared against one another via one-way ANOVA, Tukey, Kruskal–Wallis ANOVA, and
Two-Sample Kolmogorov–Smirnov (K–S) tests. The mean value of energy absorbability within IF45,
IF58 and IF80 samples was 0.054, 0.016 and 0.033 MJ/m3, respectively. According to the Homogeneity
of Variance test results, the population variances were significantly different (α = 0.05) which violates
the equality-of-variance requirement to perform ANOVA test. Although the ANOVA test results stated
that at least two populations are significantly different, three two-sample t-tests at significance level of
0.01 were performed due to the violation. The results of the t-tests suggest that every population is
significantly different from the other two (α = 0.01). Same conclusion was drawn from performing a
Kruskal–Wallis ANOVA test in conjunction with three two-sample Kolmogorov–Smirnov (K–S) tests
at significance level of 0.05. Therefore, it is concluded that iron foams of 450 μm and 580 μm average
cell sizes have the highest and the lowest level of energy absorbability, respectively.

To compare the results of wet and dry compression tests, both two-sample t-test and two-sample
non-parametric Kolmogorov–Smirnov test at significance level of 0.05 were utilized. For the case of
the elastic modulus, E, the t-test showed that the difference between the values of the two groups
was significant which disagreed with what the Kolmogorov–Smirnov test suggested, i.e., the two
distributions were not significantly different. Thus, considering that the values of E were just an
estimation and that the sample sizes were small, it is not feasible to make a reliable comment on the
elastic behavior of the iron foams within the wet environment. However, for the other compression
properties the results of the statistical tests were consistent. Although the results of compression tests
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showed that under wet condition, the mean values of the σy, σc, εD and W tended to be slightly lower
than those of the dry tests, the results of all the hypothesis and non-parametric tests showed otherwise:
None of the calculated mechanical properties under wet condition were significantly different from
those of dry compression. This suggests that the wet environment did not significantly influence the
mentioned mechanical properties of the iron foams.

The significance of difference between the mechanical properties of the iron foams after different
periods of immersion was investigated via hypothesis and non-parametric tests. Figure 6a–c,e depicts
the elastic modulus, yield strength, compression strength and the energy absorbability box charts of
IF80 specimens after three- and seven-day immersion tests, respectively. In addition, the box charts
samples upon which no immersion test was performed are included. The figure shows that there is a
relatively high reduction in the levels of all the four properties after three-day immersion (Figure 6).
In addition, the result of one-way ANOVA indicated that (α = 0.05), at least two sample population
were significantly different, and the results of Tukey test showed that (α = 0.05) the mean differences
between “three-day immersion” and “seven-day immersion” samples were not significant unlike the
other two comparisons, i.e., “no immersion–three-day immersion” and ”no immersion–seven-day
immersion” samples. Identical conclusions were drawn from conducting Kruskal–Wallis ANOVA tests
in conjunction with three Kolmogorov–Smirnov tests within the sample pairs at α = 0.05.

Figure 6. Box charts for iron foam specimens of different immersion time: (a) elastic modulus; (b) yield
strength; (c) compression strength; (d) densification strain and (e) energy absorbability.

Figure 6d depicts the densification strain box-charts of IF80 iron foam specimens after three- and
seven-day immersions as well as those on which no immersion test was performed. Looking at the
box-charts, the difference between the densification strain levels does not seem to be significant. As the
normality of the densification strain values within each sample group was evaluated by Shapiro–Wilk
tests, it appeared that the normality of “seven-day immersion” sample population was rejected unlike
the other two groups. The result of one-way ANOVA and Kruskal–Wallis ANOVA showed that at
α = 0.05, the difference between the sample population were not significant. Although the normality
requirement for the ANOVA test was violated, the result of the test is expected to be valid given the
proximity of strain densification mean values of the samples.
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3.5. Deformation of the Iron Foams after Compression

To understand the deformation and failure mechanism of open cell iron foams during compression,
various compression tests were conducted on IF45 specimens followed by SEM observation of the
compressed specimens. Figure 7 depicts four specimens compressed up to strain levels of 10.8%, 12.8%,
29.8% and 49.5%. The areas marked with red circles depict the struts that experienced bending or
plastic deformation. Because the direction of the compression force is perpendicular to the image
surfaces, it is difficult to identify buckling in the struts, if it existed. However, considering that the
majority of the struts are not completely perpendicular or parallel to the loading direction, it is expected
that both bending and buckling contribute to the deformation of some struts.

 
Figure 7. Deformed structure of four IF45 specimens at compression strain of: (a) 10.8%; (b) 12.8%;
(c) 29.8%; and (d) 49.5%.

Figure 8 depicts the magnified images of some marked regions in Figure 7. It shows the
deformation of struts of four specimens at different stages of compression after elastic regime.
In samples with the maximum compression strain levels of 10.8%, 12.8% and 29.8%, formation of
S-shape plastic hinges in some of the marked regions can be observed, e.g., region 2, 3, 7, 8, and 14
(Figure 8a). C-shape bending is observed in some of the struts of specimens with compression strains
of 29.8% and 49.5%, e.g., region 13, 24 and 26 (Figure 8b). Plastic S-shape and C-shape deformation
in some struts of open cell aluminum alloy (A356) and 316L stainless steel foams under quasi-static
compression has been observed in the previous works by others [26,27]. Deformation bands are present
in a few struts of the specimen with the highest level of compression strain (49.5%). These adjacent
struts are marked with red circles of number 21, 23 and 27 (Figure 8c).
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Figure 8. Different shapes formed on plastically deformed struts: (a) S-shape; (b) C-shape;
and (c) deformation bands.

3.6. Morphology of the Iron Foams after Immersion Tests

Figure 9 depicts the morphological structure of three specimens, one of which was not immersed
and the other two were immersed in Hanks’ solution for three and seven days. As shown in the picture,
layers of corrosion products were formed on the struts after immersion. The figure suggests that the
layers on seven-day immersed specimen are thicker than those on three-day immersed specimens.

 
Figure 9. Morphology of the IF80 samples: (a) no immersion test; (b) after three-day immersion; and
(c) after seven-day immersion.
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4. Discussion

4.1. Effect of Structural Properties on Elastic and Plastic Compression Behavior of Iron Foams

As mentioned in the previous sections, stress–strain curves of iron foams under compression
are composed of three main regimes: linear elastic, plateau and densification. In the case of metal
foams, or other foams made of materials with a plastic yield point, as the stress goes beyond the linear
elastic region, plastic collapse takes place. The collapse of cell walls continues until the cells collapse to
an extent which further strain requires much higher level of stress, starting the densification part of
the compression diagrams [28]. However, the presence of some plastic deformations during elastic
regime has been pointed out in compression of some closed-cell aluminum foams [29]. In addition,
a significant softening after hardening was observed in many of the iron foam specimens (Figure 3).
As explained in [29], softening in closed-cell aluminum foams that underwent compressive loading
and unloading was attributed to the collapse of the cells resulted from the plastic collapse of a single
deformation band perpendicular to the loading direction. Similarly, plastic collapse of struts/cells
may have caused the softening in some of the iron foam specimens. Thus, absence of a significant
softening indicates that massive cell collapses do not take place immediately after the beginning of
the plateau. Lower densification strain of IF58 specimens (Table 2) could be the result of smaller
end-strut thicknesses (Table S1) in IF58 specimens, making the cells weaker especially on the loaded
ends, leading them to a faster densification.

In general, the mechanical properties of foams depend on structural properties and the properties
of the cell-wall (parent) material [28]. The most important structural properties are relative density (the
ratio of the density of the cellular material to the density of the solid material), cell type (open or close)
and the level of anisotropy in the cells. The most influential cell wall properties are the solid density (ρs),
the Young’s modulus (Es), the yield strength (σys), the fracture strength (σfs) and the creep parameters
(ns,

.
εos and σos) [28]. Because the cell-wall material properties of the samples are not significantly

different in this study, it is expected that at least some of the geometrical and structural properties such
as the relative densities, cell size, pore size and strut thicknesses influence the mechanical behavior
of the iron foams. In the work of Amsterdam et al. [30], it was observed that the relative density
influenced the plastic collapse stress values of open cell aluminum foams. In this study, however,
the relative density of IF58 and IF80 specimens are very close, so it is expected that other parameters
have had more contribution to the variation of the level of the mechanical properties between the two
samples. The influence of cell size on mechanical behavior of the foams has been a matter of controversy.
As stated in [29], in most cases, mechanical properties of metal foams do not depend on cell size.
This was observed in the study of the deformation behavior of the open-cell stainless steel conducted
by Kaya and Fleck [27], wherein, at the same relative density, the inhomogeneity in the microstructure
was found the influential factor and not the cell size. Investigating the influence of density, cell size
and cell shape on the mechanical properties of open cell 6101 aluminum foams, Nieh et al [31] found
that, under similar densities, cell size does not have any significant effect on strength while the cell
shape had some influences [31]. On the other hand, there have been researchers who found the cell
sizes would affect the mechanical properties of the foam or that of a lattice structure [32,33].

In their work, Jian et al. [34] observed that the compressive and fracture strength of porous NiTi
alloy samples increased with decreasing mean pore size. The samples of different porosities and pore
sizes went under quasi-static compression tests (crosshead speed of 2.4 mm/min) while the range
of porosities and pore sizes were 53–55.6% and around 264.8–1026.6 μm, respectively. Therefore,
the variation between pore size values seems to be much more considerable than that of the porosities.
However, studying the effect of pore size on the mechanical properties of open cell aluminum foams
with spherical pores, Bin et al. [35] demonstrated that compressive stress–strain diagrams generally
raised as the pore sizes increased. The authors, however, speculated that this was “related to a
change in aspect ratio of the wall thickness against the edge length” [35]. Unlike the aforementioned
research works wherein increasing pore size resulted in either increasing or decreasing the compression
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strength, in the study of Xu et al. on biomedical porous NiTi alloys, [36] the strength values varied
with pore sizes in a “S type” fashion, i.e., as the pore size increased once, the value of the strength
dropped initially, and after the second and third increase of the pore size, the strength increased and
decreased, respectively. They attributed this behavior of porous NiTi alloys to the pore size as well
as the number of pores both of which represent the same effect on the mechanical properties of the
porous alloys, i.e., the increase of the pore size and the number of pores would result in a decrease
in the value of mechanical properties including the Rockwell hardness, compression strength and
elastic modulus. The similar pattern in variation of the mechanical properties with increasing pore
size was observed in this study (V type). According to the information provided by the manufacturer,
the nominal pore density of iron foams with nominal cell size of 450, 580, 800 μm is 100–110, 90–100,
and 60–70 ppi (the number of pores per linear one inch). Therefore, it is expected that the number of
pores in IF80 specimens to be significantly lower than that of IF45 and IF58 specimens around 38%
and 32%, respectively. On the other hand, increasing the average pore size from IF58 to IF80 is around
4% for both pore size ranges of 100 < pore size < 200 and pore size > 200 (using the data provided
in Table S1). Therefore, it is speculated that the decrease of the number of pores is more influential
than the increase of the pore sizes, helping to raise the compression strength from IF58 to IF80 sample.
The variation of energy absorbability per volume up to densification strain (W) had a direct relationship
with compression strengths. This is expected given the behavior of cellular materials in plateau regime,
i.e., an increase in the compression strength is associated with the rise of plateau region which results
in increasing the area underneath the stress–strain curve. A linear relationship between the energy
absorption capacity and plastic collapse stress (compressive strength) of open-cell 6101 aluminum alloy
foams under compression was also observed in the work of Krishna et al. [37]. The same V-type pattern
was also observed for variation of the offset yield strength and densification strain values. However,
for the case of elastic modulus values under dry compressions, although the V-type variation was still
present, an important difference was noticed: IF80 specimens showed the highest values of E unlike
the other four properties (σy, σc, εD and W) for which IF45 specimens showed the maximum values.
This can be due to the high influence of the end and branch strut thicknesses which are significantly
higher for IF80 specimens than those of the other two groups (Table S1). The effect of cell size and
relative density on the elastic behavior of an open-cell polymer foam was studied by Maheo et al. [38].
Their experimental results showed that the increase of cell size and relative density led to the increase
of the elastic modulus of the foams.

Given that multiple factors potentially control the mechanical behavior of the iron foams,
predicting the mechanical behavior of the foams under compression is a complex task. Therefore,
a simple tabular method which takes into account multiple parameters, i.e., cell size, pore size, number
of pores and strut thicknesses is proposed to explain the V-shape variation of compression strengths of
the foams studied in this work. Nonetheless, it should be noted that some of the assumptions may
be simplistic. In addition, the method is only proposed as an initial step to develop a model which
predicts the variation of the mechanical properties of open cell foams (compression strength for the
case of this study) as a function of the geometrical properties. Thus, a more sophisticated model may
be developed in the future works. The assumptions of the tabular method, based on the literature
review, are as follow:

- The compression strength has a direct linear relationship with relative density and strut thickness,
and it has an inverse relationship with the pore sizes and the number of the pores.

- All the considered properties have an equal weight to affect the compression strength of the foams.

In the proposed method, for each geometrical property, e.g., relative density, an effect value
(EV) which represents the effect of the parameter on the compression strength level of a particular
group of open-cell foam is determined. The EV is assigned to each group of iron foams (maximum
EV = 100) depending on the average value of the property in the corresponding sample (IF45, IF58,
IF80). For each property, the maximum EV of 100 is assigned to the group which would obtain the
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maximum compression strength, if the corresponding property was the only factor influencing the
mechanical strength. For example, for the case of relative density, IF45 sample receive EV of 100,
because it has the maximum relative density among all the samples. Therefore, IF45 specimens would
have the maximum strength among other cell-size group, if the only determining factor was relative
density. Alternatively, for the case of the pore-number factor, IF80 sample is given EV of 100, for IF80
specimens have the lowest number of pores (according to the ppi data). Therefore, if the number of
pore was the only parameter to determine the compression strength, IF80 specimens would have the
highest strength among all the sample groups of iron foams. Then, after assigning the maximum point
for a sample, the EV of the other groups were determined based on their value of the corresponding
property relative to that of the sample with maximum EV. For example, for the case of relative density,
the EV of the IF58 and IF80 samples was 71.05 and 65.79, respectively, which are resulted from the
following equations:

100 × (ρ ∗ /ρS) IF58
(ρ ∗ /ρS) IF45

= 100 × 0.027
0.038

= 71 (2)

100 × (ρ ∗ /ρS) IF80
(ρ ∗ /ρS) IF45

= 100 × 0.025
0.038

= 66 (3)

More details on the calculations of the points are available in Section C of the Supplementary
Materials. All the assigned points are shown in Table 4. Considering the described EV assignment
process, a sample with higher total average EV is expected to have a higher compression strength and
therefore energy absorbability. Please note that the final assigned EV associated with pore size are the
result of taking the average of the EVs for pore sizes larger than 200 and those of between 100 and
200 μm using the data of Table S1. Similarly, the assigned EVs for each group with respect to the strut
thickness were the average of the EVs calculated for end-strut and branch-strut thicknesses. That is
why a maximum EV of 100 is not shown in those columns. As expected, IF45 and IF58 groups have
the highest and the lowest average total EV, respectively (V-type variation).

Table 4. Assigned EVs of each sample group for the corresponding geometrical properties.

Specimen ρ ∗ /ρS Cell Size Pore Size Number of Pores Strut Thickness Average Total Point

IF45 100 100 98.46 61.9 72.52 86.43
IF58 71.05 74.75 87.27 68.42 69.54 74.21
IF80 65.79 55.76 83.66 100 100 81.04

4.2. Effect of Environmental Conditions on Compression Behavior of Iron Foams

The statistical analysis of the mechanical responses under wet and dry compression tests suggests
that the wet environment did not significantly influence the mechanical behavior of the iron foams.
This could be due to the presence of open cells which let the fluid, which had a low viscosity, to escape
as the compression applied. Moreover, because the compression was applied shortly after immersion
of the specimens in Hanks’ solution, no degradation effect is expected. Under the condition of higher
strain rate and presence of a more viscous fluid inside the cells, an increase in the strength of the foams
would have been expected: As an open cell containing a fluid is compressed, more work is needed to
act against the viscosity, and a faster deformation of the foam requires more work [28]. However, for
the case of this study, the strain rate and the viscosity were so low that their effects on the mechanical
properties were negligible.

Comparing the compression behavior of IF80 non-immersed specimens with those of the
specimens which were immersed for three- and seven-days showed that the elastic modulus, yield and
compression strengths and energy absorption significantly decreased after immersion. This may be
explained by degradation of iron due to the corrosion, resulting in lowering the level of the mechanical
properties. However, the differences between the three-day-immersed and seven-day-immersed
samples were not statistically significant which can be justified by decreasing the degradation rate
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after a few days. Such degradation behavior was observed in some of the pure iron samples after
10- or 15-day dynamic immersion test in Hanks’ solution in the work of Mariot et al. [39]. This was
potentially attributed to the formation of corrosion products on the surface such as iron phosphate
which impeded additional degradation “by hindering oxygen diffusion” [39]. In addition, in [40],
presence of hydroxide layer on the surface of electroformed iron was pointed as a cause of slowing
down the degradation process in the static immersion test. As it appears in Figure 9, layers of corrosion
products formed on the struts after seven-days are thicker than those formed after three-day immersion.
Thus, this may have contributed to the reduction of corrosion rate.

4.3. Deformation and Failure Mechanism

As pointed out previously, three regimes exist during compression of foam: linear elastic, plateau
and densification. In open cell foams with low relative densities (ρ*/ρs ≤ 0.1), cell wall bending mainly
controls the linear elastic regime. Plastic collapse of the cells during compression gives rise to the
plateau of the metal foams which results in formation of plastic hinges in the cell structure. It should
be noted that formation of plastic hinges during plateau occurs in the foams made by materials that
experience plastic yielding such as metals or rigid polymers [28]. Plastic hinges were formed in iron
foam specimens as shown in Figure 8a. Finally, densification takes place “when the cells have almost
completely collapsed” and further strains require much higher level of stress when cell walls being
adjacent to each other [28]. Figure 10 represents a simple model of an open cell foam under linear
elastic deformation and the formation of plastic hinges during plastic collapse.

Figure 10. A simple model of an open cell foam experiencing: (a) linear elastic deformation; and (b)
formation of plastic hinges during plastic collapse. Adapted from [28].

Different modes of plastic deformation of struts, including S-shape and C-shape deformations nd
deformation bands in IF45 specimens are shown in Figure 8. Although Gibson’s report [29] noted that
the buckling of cells takes place during softening of aluminum foams, in this study, the presence or
absence of buckling cannot be verified with a high level of certainty as the SEM images show only
the surfaces on which compression applied. In other words, the struts whose directions are along the
loading axis are not clearly visible. However, given that many of the struts are inclined to the loading
axis, it is expected that buckling partially contributes to many of the strut deformatins. In Kaya and
Fleck’s work [27], both bending and buckling were addressed as two different deformation mechanisms
appeared in different struts. In Daxner’s work [41], both buckling and bending are pointed out as
“dominating deformation mechanism” in the struts of “open-cell metallic foams”. In the work of
Schuler et al. [26], it is stated that C-shape and S-shape deformations are the product of bending and
torsion. Therefore, given that the strut orientation relative to the loading direction is an influential
factor on deformation behavior of the foams [37], it is fair to state that the deformation of an open
cell iron foam under compression is a complex mechanism which could be the product of different
mechanisms in conjunction with each other such as bending, buckling and torsion. However, some of
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the struts may experience only one form of deformation. The complexity of the strut deformations has
been acknowledged in [26] as well.

5. Conclusions

To investigate the influence of geometrical properties and environmental condition on mechanical
behavior of porous iron, iron foams of three different cell sizes underwent dry and wet compression
tests. In addition, mechanical properties of iron foam specimens after static immersion were assessed
and compared with those of non-immersed specimens. Using the stress–strain responses obtained
from compression tests, elastic and plastic mechanical properties were analyzed: elastic modulus,
yield strength, compression strength, densification strain and energy absorbability per volume up
to the point of densification. Two major groups of statistical tests were carried out to analyze the
significance of difference between the values of properties: hypothesis tests including ANOVA in
conjunction with Tukey post hoc test and t-test, and non-parametric tests including Kruskal–Wallis
ANOVA and two-sample K–S tests. In most, though not all, cases, hypothesis and non-parametric tests
led to similar conclusions.

It was observed that the mechanical properties of the foams under dry compression tests had
a “V-type” variation. Comparing the values of elastic modulus revealed that IF80 specimens had
a the highest level of stiffness while for other properties, i.e., yield strength, compression strength,
densification strain and energy absorbability, IF45 specimens possessed the highest level under dry
compression. A simple tabular method was proposed to explain the variation in compression strength
of the iron foams of different geometrical properties with respect to each other. Wet environment
generally did not alter the mechanical behavior of the iron foams significantly while degradation
decreased the elastic modulus, yield and compression strength and the energy absorbability of the
samples. The deformation behavior of the foams under compression was also evaluated via SEM
images and different deformation modes were identified. It was speculated that the deformation
of open cell iron foams under compression is a complex phenomenon that could be the product of
multiple mechanism such as bending, buckling and torsion. However, further studies are needed to
understand the failure mechanism of iron foams.
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Figure S1: Measurement of cell size, pore size and different strut thicknesses on an IF58 specimen, Figure S2:
Experimental design and parameters with the number of specimens used in each group, Figure S3: Stress-strain
curves of IF45 samples under compression: (a) compression area A1 and cross-head speed S1, (b) compression
area A2 and cross-head speed S1, (c) compression area A1 and cross-head speed S2, (d) compression area A2
and cross-head speed S2, Figure S4: Stress-strain curves of IF58 samples under compression: (a) compression
area A1 and cross-head speed S1, (b) compression area A2 and cross-head speed S1, (c) compression area A1 and
cross-head speed S2, (d) compression area A2 and cross-head speed S2, Figure S5: Stress-strain curves of IF80
samples under compression: (a) compression area A1 and cross-head speed S1, (b) compression area A1 and
cross-head speed S2, (c) compression area A2 and cross-head speed S1, (d) compression area A2 and cross-head
speed S2, Table S1: Results of the measurement.
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Abstract: Owing to significant advantages of bioactivity and biodegradability, biodegradable metallic
materials such as magnesium, iron, and zinc and their alloys have been widely studied over recent
years. Metallic wires with superior tensile strength and proper ductility can be fabricated by a
traditional metalworking process (drawing). Drawn biodegradable metallic wires are popular
biodegradable materials, which are promising in different clinical applications such as orthopedic
fixation, surgical staples, cardiovascular stents, and aneurysm occlusion. This paper presents
recent advances associated with the application of biodegradable metallic wires used in dental
and orthopedic fields. Furthermore, the effects of some parameters such as the surface modification,
alloying elements, and fabrication process affecting the degradation rate as well as biocompatibility,
bioactivity, and mechanical stability are reviewed in the most recent works pertaining to these
materials. Finally, possible pathways for future studies regarding the production of more efficient
biodegradable metallic wires in the regeneration of bone defects are also proposed.

Keywords: magnesium; zinc; iron; biodegradable materials; wire drawing; bone regeneration;
bone tissue engineering

1. Introduction

Metallic wires have been widely used in a wide range of industries in different applications.
Drawing is a conventional metal forming process which has been applied to fabricate metallic wire.
Briefly, this process continuously decreases the cross-sectional area of a specimen by pulling it through
a single (in single-pass drawing) or series (in the multi-pass drawing) of the conical die(s) [1]. Figure 1
shows the schematic of die geometry in single-pass wire drawing process. di, do and α are the input
diameter, the output diameter and die angle respectively. Due to imparting of a huge cold working
happened during the drawing process, production of thin metallic wire with considerable strength is
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potentially achievable [2]. Equation (1) represents the percentage of cold work that could be achieved
by single-pass wire drawing process [3]:

Cold work (%) = 1 −
(

do

di

)2
(1)

Figure 1. Schematic representation of a typical pass in the wire drawing process.

Moreover, different intermediate and/or post heat treatments coinciding with precise die(s)
design and manufacturing could lead to the fabrication of the fine wire with acceptable ductility for
different applications [3].

Over recent decades, the application of the wire drawing process in the production of biomedical
metallic wires has been investigated. Drawn wires from titanium (Ti) and its alloys, stainless steels (SSs),
and nitinol have been used in different medical devices such as cardiovascular stents [4], coronary guide
catheter [5], coil occlusion of the aneurysm [6], Kirschner wires (K-wire) [7], orthodontic archwires [8],
ligature wire [9], surgical sutures and versus staples [10]. Based on the application, such devices might
be implanted either for a short or long time in the human body and regardless of the duration time,
after finishing their mission, they should be removed from the body by a secondary operation. Because
they cannot be degraded by human body fluids and, in some cases, if they are kept for more time, they
will lead to complications such as harsh inflammations [11].

To decrease the clinical expenses and increase the quality of life of patients by reducing any
secondary surgeries for removal of metal implants as well as minimizing any negative consequences,
a new generation of metallic biomaterials has been introduced as a temporary support. These kinds
of materials, called biodegradable metals (BMs), are strong enough during the target tissue healing
process and can be gradually resorbed in the human body [12,13]. The degradation of BMs mainly
ascribes to electrochemical corrosion, during which process the metal atoms lose their free electrons,
become cations and enter body fluids. The content and the releasing allowance of those ions should
not be toxic to the human body, especially for the surrounding host tissues [14]. To that aim, up to now
different biodegradable alloys have been introduced. Among them, magnesium (Mg), iron (Fe), zinc
(Zn), and their alloys as biodegradable implant metals are the three main categories that are considered
more than other beneficial elements such as calcium (Ca) and strontium (Sr) [13].

In addition to the structural role of Mg, Fe, Zn, and their alloys as an implant device, they play
important roles in many metabolic reactions and biological mechanisms of the body and consequently
reduce the healing duration [15]. That is the reason they are named nutrient metals (NMs) [14,16]. Up to
now, many studies have been conducted to increase the performance of these NMs by enhancing their
initial mechanical properties and mitigating their potential drawbacks such as imperfect degradation
rate to convert them from mechanical replacement devices to nutrient implants.
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As an implant device, BMs in the shape of wire were firstly applied in 1878 by Edward C. Huse.
He used pure Mg wire as a ligature to stop bleeding vessels. Although Huse reported the first clinical
application of Mg wire, the Austrian surgeon Prof. Dr. Erwin Payr is known as the pioneer in the field
of biodegradable Mg implants. His valuable results and consequently his inspiring articles published
from 1892 to 1905 led to the utilization of biodegradable metallic wires in both human and animal
models by other researchers [17]. Andrews in 1917 [18], and Seelig in 1924 [19] were early followers
who investigated the animal in vivo experiments of pure Mg wire. From that time, a considerable
number of feasibility studies have been done to propose Mg, Fe and more recently Zn and their alloys
as ideal candidates in interventional clinical devices such as cardiovascular stents [20], and orthopedic
implants [1,21]. However, there are still some challenges including improvement of both the surface
and bulk properties such as corrosion resistance, bioactivity, strength, ductility, and toxicity. These
properties need to be modified by more investigations to approve the application of BMs and their
alloys in different medical operations without any negative consequences about the health of patients.

The present review mainly focuses on the recent progress related to the usage of biodegradable
metallic wires in the orthopedic and dental studies. To that aim, the positive and any possible negative
effects of Mg, Fe, and Zn on the bone biological mechanisms and bone healing process are generally
presented first. Then, the history of clinical application development of each of these metals and their
alloys in the shape of wires is reviewed. Furthermore, any other related scientific results to in vitro
and in vivo studies of the biodegradable metallic wires are briefly summarized. Finally, the remaining
problems in this research field that could be addressed in the future work are discussed and some
possible options that are beneficial to the improvement of the clinical performance of these wires in the
bone applications are also proposed.

2. Biological and Mechanical Aspects of Biodegradable Metallic Materials for Bone
Regeneration Applications

2.1. Mg and Its Alloys

2.1.1. Advantages of Mg and Its Alloys

Mg as a mineral is the fourth most abundant cation element in the body [22]. It has a pivotal
role in many body metabolisms including enzymatic reaction, the formation of apatite, and bone cells
adsorption [23]. About half of the total amount of Mg in our body is stored in bone tissue [24]. Wu et al.
reported that Mg ions (Mg2+) govern a stimulating effect on the new bone formation by increasing the
proliferation and differentiation of osteogenic (stem) cells via osteogenesis-related signaling pathways
in vitro [25]. The release of Mg2+ is related to the chemical reaction of Mg in the human body fluids
based on the following reaction which produces Mg hydroxide (Mg(OH)2) and hydrogen gas (H2)
evolution [26]:

Mg(s) + 2H2O(aq) → Mg(OH)2(s) + H2 ↑ (g) (2)

Zheng et al. [27] presented a degradation mechanism for Mg in the physiological environment by
the following anodic dissolution and cathodic reduction reactions:

Mg(s) → Mg2+(aq) + 2e− (anodic reaction) (3)

2H2O(aq) + 2e− → H2(g) ↑ +2OH−(aq) (cathodic reaction) (4)

Mg2+ (aq) + 2OH− → Mg(OH)2 (s) (cathodic reaction) (5)

It is clear that Mg2+ originates from the anodic reaction. Then, some of them take part in a reaction
with hydroxide ions (OH−) to produce Mg(OH)2, while others enter the solution.
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Mg(OH)2, which is called milk of magnesia, includes both water and MgO solid particles. Hence,
some part of it can convert to MgO and vice versa (see Equation (6)):

Mg(OH)2(aq) ↔ MgO(s) + H2O(aq) (6)

Both of Mg(OH)2 and MgO are beneficial inorganic materials to the body [28]. In addition
to the conventional medical application of Mg(OH)2 which has been widely used as an antacid to
neutralize stomach acid and a laxative, it also possesses numerous valuable properties including
excellent biocompatibility, nontoxic antibacterial activity, and high drug loading ability [29]. In bone
regeneration application, as a major degradation product from any magnesium alloys, Mg(OH)2 can
enhance the bone formation and temporarily decrease the bone resorption resulting in a higher bone
mass [30,31]. Therefore, it could be a potential protective coating material for Mg-based implants to
reduce the corrosion rate and improve bone ingrowth simultaneously [31].

Regardless of the wide range of industrial applications, MgO similar to Mg(OH)2 is applied
as both an antacid and a laxative. It is also used as a drying agent because it rapidly reacts
with water and creates Mg(OH)2 [28]. MgO in shape of nanoparticles has been introduced as a
novel antibacterial material to enhance tissue regeneration process and reduce bacterial infection
during orthopedic implantations [32]. Huang et al. [33] claimed that the toxicity of MgO against
bacteria increased by reducing its particle size. Hickey et al. [32] fabricated nanocomposites
using MgO nanoparticles to mineralize poly(L-lactic acid) (PLLA) and applied in traumatic brain
injury(TBI)-related orthopedic tissue regeneration. They reported that all the seeded bacteria were
killed by PLLA/MgO nanocomposite. Therefore, MgO, as one of the corrosion products of Mg and its
alloys play an antibacterial role for orthopedic tissue engineering applications.

In terms of mechanical aspects, Mg and its biocompatible alloys are more advantageous in bone
applications in comparison with other metallic materials, ceramics, and biodegradable polymers
(BPs). Because the mechanical properties of Mg are more similar to those of natural cortical bone
compared to other materials which can decrease the stress shielding effect and prevent consequent bone
resorption in the implanted sites [34,35], that makes Mg the most attractive biodegradable material in
the orthopedic devices and implants as a suitable substitution for the non-bioresorbable one. Table 1
summarizes the information about the typical mechanical properties of cortical bone and commonly
used metallic biomaterials.

Table 1. Comparison of typical mechanical properties of cortical bone and commonly used metallic
biomaterials, data from [35–37].

Tissue/Material
Young’s Modulus,

E (GPa)
Yield Tensile

Strength (MPa)
Ultimate Tensile
Strength (MPa)

Density
(g/cm3)

Cortical bone 5–23 104.9–114.3 35–283 1.8–2.0
Pure Mg, wrought 41–45 100 180 1.74

Pure Zn, as cast 90 10 20 7.13
Pure Fe 211.4 50 540 7.87

Ti-6Al-4V, as cast 114 760–880 830–1025 4.43
316L stainless steel 193 200–300 450–650 8

Co-Cr alloy 240 500–1500 900–1540 8.3

2.1.2. Disadvantages of Mg and Its Alloys

The standard electrode potential for Mg(s) ↔ Mg2+(aq) + 2e− reaction is very low (−2.37 V) [38],
making Mg very reactive in aqueous solutions such as body fluids. Although there is a gap between
in vitro and in vivo results regarding the corrosion mechanism of Mg [39], commonly for both in vitro
and in vivo the oxide film formed on the surface of Mg is porous rather than dense, thus cannot
effectively prevent direct contact between metallic Mg and solution, leading to the rapid degradation
of Mg and its alloys. The reduction in the mechanical stability due to the stress corrosion cracking is the
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first negative consequence related to such high corrosion rate of Mg and its alloys, risking the adequate
load shielding over the tissue regeneration duration, especially in load-bearing applications [13,40].
Therefore, it is vitally important that there should be a balance between the degradation time and
the healing period of damaged tissue to prevent implantation mechanical failure. It is the point that
should be considered in the geometry design, material selection, and fabrication process of all BMs
and their alloys generally, and more critical for Mg and its alloys.

Hydrogen gas (H2) evolution is another challenging issue in the application of Mg and its alloys
in the body. Based on Equation (2), 1 g of pure Mg could produce 1 liter (L) of H2 gas [41]. Rely on
previous in vivo experiments, some of this gas is soluble in the blood. The solubility of H2 depends
on the amount of the blood flow in the implantation site. The remained H2 bubbles are accumulated
in the local host tissue and create gas cavity endangering the cell adhesion to implants [42]. In some
applications such as cardiovascular stents, due to the convective transport phenomena, the evolution
of H2 is not as concerning as orthopedic applications; because bone inherently is a poorly vascularized
tissue leading to the formation of H2 cavities potentially [26]. Some animal studies have shown
that it might be dangerous [43]. In 2016, Noviana et al. [41] investigated the effect of H2 evolution
from porous pure-magnesium implants on the mortality of adult rats. They reported that the cavity
formation was not tolerable for all the rats and the survival rate at Day 18 post-implantation reached
zero percent (see Figure 2). Hence, such amount of post-implantation mortality is a warning sign for
the risk of excessive H2 accumulation in the large implants such as fixation plates. Nonetheless, due to
the very light mass and negligible surface area of fine magnesium wire having sub-millimeter diameter
there should not be that much of concern regarding the risk of H2 gas evolution. However, it is still an
estimation that needs to be investigated precisely by more in vitro and in vivo studies.

Figure 2. (a) Porous pure-magnesium implantation; (b) survival rate of the group of rats with
magnesium implants compared with control group; (c) gas cavity formation; and (d) subcutaneous
opening of the implantation area at Day 7, reproduced with permission from [41], Elsevier, 2016.

2.2. Fe and Its Alloys

2.2.1. Advantages of Fe and Its Alloys

Iron (Fe) as the fourth most abundant element on earth is significantly necessary for the human
body and takes part in many enzymatic systems. The hemoglobin uses the largest part of total Fe
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(about 60–70%). Whereas, only about 10% of it is stored in bone marrow [44]. Fe has an essential
role in the function of red blood cells and oxygen transport throughout the body. Fe deficiency may
decrease the number of healthy oxygen-carrying red blood cells, thus has a negative effect on physical
activity and increases susceptibility to infections [45]. Fe has a crucial role in bone metabolism by
participating in two main biological processes including collagen synthesis and vitamin D activation
and deactivation [46]. The clinical observations have shown that both Fe overload and deficiency (with
or without anemia) could happen for the patients who suffered from osteoporosis [45,46]. The link
between Fe and bone metabolism, especially in the homeostasis of bone ageing to maintain a balance
between bone formation and resorption, is still in a need of further investigation, especially for elderly
people to increase the quality of their life.

Almost all of the previous in vivo studies in animal models have been mainly focused on
the application of Fe and its alloys as suitable degradable implant materials in the fabrication of
cardiovascular stents [47]. While there are few studies in literature related to the bone application of Fe
and its alloys. Kraus et al. [48] followed up the degradation behavior of Fe-based wires implanted into
the femur of 38 rats for 52 weeks. Regardless of some results [48] showing that Fe ions could release
from the implanted wires into the surrounding tissues, there is no clear information about its benefits
on bone regeneration process.

2.2.2. Disadvantages of Fe and Its Alloys

The standard electrode potential for the reaction of Fe(s) ↔ Fe2+(aq) + 2e− is relatively high
(−0.444 V) [49]. Furthermore, owing to including a high concentration of CO2 gas in blood causing to
create a uniform, compact and dense manganese carbonate crystals the degradation rate of Fe in vivo
is slower than in vitro [50] and in most of the cases is longer than clinical needs [51]. Additionally,
because of the low rate of blood circulation near the implants, utilization of Fe and its alloys for
bone reconstruction purposes would be definitely lower than their corrosion rate. Adding some
alloying elements to pure Fe has been reported to be one of the most effective methods to accelerate
the degradation rate of Fe to an acceptable level for practical clinical usage [12,44]. Among all of the
Fe-based alloys, Fe–Mn alloys have been proved to be the most promising ones in accelerating the
corrosion rate of Fe with similar mechanical properties (i.e., Young’s modulus and ultimate tensile
strength) to 316L SS [51]. Moreover, Mn can play an important role in promoting the growth of new
bone and connective tissues as well as reducing bone loss [52,53] which could increase its bioactivity
in orthopedic and dental applications. However, Fe and its alloys have much higher mechanical
properties than those of the human cortical bone (see Table 1), which keeps the stress shielding effect
as a challenging issue to select them as a suitable candidate in the load-bearing locations, especially as
bulk temporary implants.

2.3. Zn and Its Alloys

2.3.1. Advantages of Zn and Its Alloys

Zinc (Zn) as the second most abundant transition metal element in the human body is found
in all organs, tissues, fluids, and body secretions [54,55]. It is considered to be one of the vital
mineral elements participating in a variety of fundamental biological functions, including signal
transduction, apoptosis regulation as well as nucleic acid metabolism, DNA and RNA polymerase, and
organic ligands interactions [56–58]. Approximately 85% of the Zn content of body exists in bone and
muscle [14] which serves a crucial role in the improvement of cell proliferation and osteo-related gene
expressions of osteoblasts affecting bone in growth [59,60]. Li et al. [56] investigated the biological
effects of the Zn-1X(Mg, Ca and Sr) binary alloys using thin pin shape implants inserted into the
bone tunnel created along the axis of the femoral shaft from the distal femur of mice. They reported
that the Zn-1X binary alloys with nutrient alloying elements improved new bone formation around
the pins effectively. Other in vivo and in vitro studies have shown that Zn affects the osteoclastic
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bone resorption metabolism [61,62]. The Zn content in the bone matrix of patients suffering from
skeletal diseases such as osteoporosis (commonly in elderly people) and bone cancer is less than that
of normal people [56,63]. In summary, having a healthy bone with sufficient density is correlated with
the balancing of Zn content in the human body.

It has been well established that Zn ions (Zn2+) show antibacterial property [64–66]. Recently,
Zhu et al. [59] introduced plasma immersion ion implantation (PIII) process as a promising method
for Zn-incorporation on Ti alloy, which is beneficial to both osteogenic and antibacterial abilities to
enhance osseointegration while decreases implant-associated infections. Zn2+ are released directly
from the corrosion of Zn and its possible alloys when in contact with the human body fluids through
electrochemical corrosion. Drelich et al. proposed [67] the hypothetical mechanism happening during
the degradation of Zn in the physiological environment (Figure 3). The reaction between some of Zn2+

with hydroxyl ions (OH−) forms Zn oxide (ZnO). In addition to the wide range of dental and orthopedic
applications of ZnO, due to its desirable antibacterial and osteogenic abilities, the anti-cancer property
of ZnO has been also approved as a beneficial material to cure osteosarcoma [68,69].

Figure 3. Schematic diagram of degradation mechanism of Zn in a physiological environment.

The standard potential for the cathodic reaction of Zn is −0.762 V [49], which is between that
of Mg and Fe. Therefore, the moderate degradation rate of Zn is faster than Fe but slower than Mg,
which could be an ideal option for clinical applications, especially in terms of mechanical stability [55].
More recently, Yang et al. [57] implanted pure Zn stents into the abdominal aorta of rabbits for
12 months. They reported that the stent was capable to serve mechanical stability for the first 6 months
and degraded 41.75 ± 29.72% of the stent volume after 12 months of implantation without any
severe inflammations, platelet aggregation, and thrombosis formation. Furthermore, in the matter of
accumulation of H2 during the degradation, there is less concern in the application of Zn and its alloys
in bone applications than that of Mg and its alloys. Because it seems that the corrosion rate of Zn is low
enough to prepare a time for the dissolving of H2 in the body without the creation of any gas cavities.

2.3.2. Disadvantages of Zn and Its Alloys

Generally, pure Zn is soft, brittle with low strength (Table 1). Therefore, it seems impossible to
apply pure zinc in load-bearing applications. The addition of alloying elements has been recognized
as one of the most effective methods to improve the mechanical properties of pure Zn [56]. Even
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adding a little amount of alloying elements can improve its mechanical properties considerably. Briefly,
depending on the composition of the Zn alloys the ultimate tensile strength (UTS) has been achieved
in a wide range of 87 to 399 MPa till now [55,70]. Moreover, other parameters such as using different
metalworking processes such as rolling, extortion, and post-processing heat treatments can definitely
affect the strength, ductility, and degradation behavior of Zn-based alloys. However, Young’s modulus
(E) of Zn is about twice as that of Mg, which indicates that the stress shielding effect is more challenging
in Zn-based implants.

Non-uniform corrosion behavior of Zn compared to uniform corrosion of both Mg and Fe is
another problem. Chen et al. [15] compared the corrosion behavior of Zn, Fe and Mg in a long-term
course in vitro. They observed that by increasing immersion time the corrosion rate of Zn developed
faster than Fe and Mg, which is justified by the occurrence of localized corrosion in the surface of
Zn samples. Similar behavior was reported in vivo [57]. The localized corrosion causes to lose the
strength uniformity of an implant which makes its failure behavior more ambiguous. Drelich et al. [67]
claimed that coating of Zn with a passive layer of ZnO film could be an effective approach to delay the
degradation rate and decrease the corrosion non-uniformity. However, Törne et al. [71] claimed that
the corrosion behavior of Zn is affected by the types of examined solution. They proposed that whole
blood or real plasma are suitable solutions for short-term in vitro studies which can resemble in vivo
situation, while Ringer’s solution is more suitable for long-term degradation studies. Collectively,
more in vivo and in vitro investigations should be conducted for the better understanding of the
corrosion behavior of Zn in bone applications to address those contradicting results.

3. Current Orthopedic and Dental Implant Applications of Metallic Wires

The skeletal system of the human body as a complex three-dimensional structure plays two
main roles, supporting the many body organs and their related tissues and attaching the numerous
muscle groups which are needed for body movements. Bone as the hard part of the skeleton is a
natural two- phase organic-inorganic ceramic composite. The organic phase gives bone its flexibility,
while the inorganic phase provides bone with its structural rigidity [72]. The combination of organic
and inorganic phases in the matrix provides bone with the unique mechanical properties such as
toughness, strength, and stiffness. These properties give the ability to withstand against various
mechanical loads applied during the normal and intense physical activities. Despite the remarkable
mechanical and structural characteristics, the bone may fracture due to various loads resulting from
sudden injuries and repeated cyclic loads. An effective solution in restoring the functionality of
damaged bone is surgical implantation of artificial biomaterials. Several types of bone fixation
devices in the form of screws, plates, nails, staples, and wires are produced for orthopedic and
dental implant applications. The selection of biomaterials for these devices is highly dependent on
the specific medical application. The new biomaterials which were introduced and developed for
implant applications should have excellent biocompatibility, comparable strength to natural bone and
produce no cytotoxicity effects [73]. The present review paper focuses on the bone application of wires;
therefore, in this section, bone fixation devices which are made from wires are introduced first and
then the evolution of the biomaterials to be compatible with natural bone are explained.

3.1. K-Wires

Martin Krischner (1879–1942) was a German surgeon who developed a device that allowed him
to insert chromed piano wire from 0.7 to 1.5 mm in diameter into fractured bones to be used as a
traction anchor instead of the large Steinmann pins [74]. Krischner wires (K-wires) were never used by
their inventor for fracture fixation and orthopedic implants [75]. Otto Lowe [74] in 1932 published the
first paper describing the use of K-wires for fracture fragment stabilization. Nowadays, these wires
with different sizes have been used to hold bone fragments together (pin fixation) or to provide an
anchor for skeletal traction. K-wires can also serve as guide pins for the placement of cannulated
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screws and can be placed in bone either by hand or at low speed with a power drill [75,76]. Figure 4a
shows radiographic picture of K-wires used to repair a fracture of the medial epicondyle in the elbow.

Figure 4. (a) Radiographic picture of K-wires used to repair a fracture of the medial epicondyle in the
elbow and (b) radiograph shows cerclage wiring used to contain bone fragments in a fracture around
the stem of a femoral prosthesis, reproduced with permission from [76], The Radiological Society of
North America (RSNA®), 1991.

3.2. Cerclage Wires

The other application of thinner orthopedic wire is as a means of stabilizing fracture fragments.
Cerclage wiring refers to encircling fragments and tensioning the wire to hold fragments in
alignment [76]. A single or double strand of the wire is placed around the bone, and then the
ends are twisted together. Cerclage wires are usually used in combination with other types of fixation
devices such as plates or nails, but can also be used alone in special situations [76]. The radiograph in
Figure 4b shows cerclage wiring used to contain bone fragments in a fracture around the stem of a
femoral prosthesis.

3.3. Tension-Band Wires

The tension band technique converts a tensile force to the compression one. Tension banding is
particularly useful in the setting of fractures where a muscle pull produces distraction of the fracture
fragments, such as fracture of the patella [76]. Parallel K-wires are placed to provide rotational stability
and reduce shearing forces between the fragments. Figure 5 presents an application of tension band
wiring in repairing of an olecranon fracture.
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Figure 5. The radiograph shows tension band wiring used to repair an olecranon fracture, reproduced
with permission from [76], The Radiological Society of North America (RSNA®), 1991.

3.4. Orthodontic Archwires

An orthodontic archwire is a wire conforming the dental arch and exerts forces to correct
irregularities in the position of teeth. An archwire can be used with dental braces as a source of
force. Orthodontic wires release the energy stored upon its placement by applying forces and torque
to the teeth through the appliances placed on them [77]. The forces are applied to move the teeth to a
targeted position. Another application of these wires is maintaining the existing dental position; in
this case, they have a retentive purpose [77].

3.5. Ligature Wires

Ligature wires are small flexible and twistable ties or rings, which are used widely in dentistry
to hold or ligate the archwires to the brackets [9]. This kind of wires is mostly made from SS and
elastomer [78].

3.6. Staples

The bone staple is essentially simple in design and use. This device is made up two or more
points of entry into bone that are attached to each other. They can be fabricated by double bending a
pin or wire that is biased cut to create the sharp ends or tips [10]. The bone staples are fixed into the
bone to help stabilize a fracture to promote bone healing. Bone staples can be used as adjuncts to other
forms of fixations or as single or multiple bone staples at one site.

3.7. Sutures

Metallic sutures are available in many sizes and in two forms: monofilament or multi-strand.
Most surgeons find the multi-strand wires are easier to handle since they are pliable and ties like
silk [79].

4. The evolution of Metallic Wires in Bone Fixation Devices

K-wires as a versatile tool in the hand of orthopedic surgeons have been used for temporary or
definitive osteosynthesis, temporary joint transfixation or for the guidance of other implants such as
cannulated screws. K-wires are present in different forms and designs. Traditional K-wires have a
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circular cross-section and two tip designs (diamond and trocar tips). Diamond tip K-wires require the
least axial force to penetrate the bone and consequently generate low heat during drilling, while the
trocar tip wires need a greater force and generate higher temperature on insertion [80]. According to a
surgical instrumentation catalogue, the diameter of standard K-wires based on their applications varies
between 0.4 and 3.5 mm. Besides the strengthening of K-wires by enhancing the mechanical properties
of their materials, the configuration of them has been studied in some researches [81,82]. Different
K-wire fixation techniques contained two or four K-wires with different diameter were investigated
and it was observed that the type of configuration was an effective parameter in increasing of the
rigidity and stability of the fractured bone [81,82].

The first usage of wires in fracture fixation was reported in 1775 when Fe wires were used in a
bone surgery [27]. In 1906, Lambotte used a combination of a Fe wire cerclage, Mg plate and steel
screws to stabilize the fracture of the lower leg [17]. The occurrence of an electrochemical reaction
between Mg and Fe caused extensive subcutaneous gas cavities, local swelling and pain one-day
post-surgery [27]. By observing these symptoms, Lambotte learned that to avoid galvanic corrosion of
the Mg, it should not be implanted with other metals [17]. Lambotte also used pure Mg nails alone to
fix supracondylar fractures of four children. He observed the formation of gas cavities due to the high
corrosion rate of magnesium in vivo [37]. Mainly, because of this problem, the application of Mg wires
was restricted, and SS wires were introduced instead. The biometals used in wire bone fixation devices
are classified into two categories, permanent and biodegradable metals. Among permanent metallic
wires, surgical SS, cobalt-chromium (CoCr) alloys and Ti alloys are the most common ones. In the
following sections, the application of these two groups was described in wire bone fixation devices.

4.1. Permanent Metallic Wires

In 1920, the first type of SS namely 18-8 was used as a bone implant. This alloy showed higher
corrosion resistant and mechanical strength in comparison with that of pure Fe. Since then, various
types of SSs were developed and some of them were used as a proper material for K-wires and cerclage
wires. In 1962, the American Society for Testing and Materials (ASTM) has formed committee F04 on
medical and surgical materials and devices to standardized metals for medical applications. Table 2
shows the differently registered biomaterials for bone wires in the ASTM standard.

In 1988, Stark et al. were the first researchers to recommend the use of SS K-wires in all grafted
fractures, since they were easy to accomplish and required short operating time [83]. They also
achieved 97% union of long-standing ununited fractures of the scaphoid by examining 151 patients
through 22 years, which was a great achievement with K-wires [83]. SS K-wires provide strong fixation
but can be difficult to manipulate and often requires a secondary operation to remove the wire. Due to
the mismatch between the mechanical properties of the wires and the natural bone, mechanical forces
and loads are retained by the wires and are not transferred to the damaged bone. Consequently, stress
shielding happens and results in bone resorption and wire loosening. In addition to stress shielding
effect as well as need for the second surgery, K-wires may cause percutaneous pin tract infection and
wire migration [84,85].

Table 2. Common permanent biomaterials used for bone wires, data from [86].

Chemical Composition Alloy ASTM Number Application

Fe-18Cr-14Ni-2.5Mo (C < 0.03) 316 L F138-08/F139-08/F1350-08 Kirschner wires, cerclage wires
Fe-19Cr-10Ni-2Mn 302 A313/F899 guidewires

Fe-20Cr-10.5Ni-2Mn - A313/F899 Guidewires, orthodontic wires
Fe-20Cr-10.5Ni-2Mn (C < 0.03) - A580 Guidewires, Orthodontic wires

35Co-35Ni-20Cr-10Mo (Ti = 0.7) MP35N F562 Orthopedic wires
35Co-35Ni-10Mo (Ti = 0.01) 35NLT F562 Orthopedic wires
40Co-20Cr-16Fe-15Ni-7Mo Elgiloy F1058–08 Surgical wires

Ti-6Al-4V - F136 Kirschner-wires
Ti-Ni Nitinol F2063 Archwires, Kirschner-wires
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The most basic materials used in K-wires are SSs, Co-Cr alloys, Ti and its alloys and nitinol.
It should be noted that the nitinol is an alloy of nickel and titanium elements where the two elements
are present in roughly equal atomic percentages. Since 1930, it has been known that Co-based alloys
due to their excellent wear resistance which is higher than SS, are proper candidates for bone repair
devices [87]. These alloys possess excellent mechanical properties. CoCr alloys also have one order
of magnitude greater corrosion resistance in comparison with SSs. Mainly, due to these properties,
cobalt and its alloys specially, MP35N, modified 35NLT and Elgiloy, have achieved wide attention for
fabrication of K-wires, cerclage wires and guide wires [86].

The performance of medical grade Ti alloys is superior to that of SS and cobalt alloys, due to
the 50% greater strength to weight ratio of the former. These alloys have a lower modulus, higher
corrosion resistance and better biocompatibility in comparison with SSs and cobalt-based alloys. These
advantages make the Ti and its alloys a better-suited alternative for bone applications with higher
loading rates [88]. As compared to commercial unalloyed Ti, Ti-6Al-4V alloy has greater strength, it
has been selected as a proper material for K-wires and cerclage wires. The application of this alloy has
been approved by the ASTM for wire bone fixation. Therefore, various medical device manufacturers
utilize Ti-6Al-4V alloy for producing K-wires in a wide range of diameters. Clauss et al. have treated
135 toe deformities using both SS K-wires and Ti K-wires for one year. They observed that the Ti
K-wires represent less recurrence of deformity, pain, and biofilm formation than SS k-wires. Hence, the
authors suggested utilization of Ti K-wires instead of SS ones for transfixation of toe deformities [89].
Despite the lower density of Ti alloys, their wear resistance and bending strength are lower than cobalt
alloys [87].

Nitinol has proper mechanical stability, lower stiffness, and thermo-elasticity as well as acceptable
corrosion resistance. These properties make it a suitable substitution for SS implants [88]. Fracture
fixation by SS K-wires provides more bending stiffness in comparison with the nitinol wires, while
nitinol wires are more durable. Additionally, nitinol typically costs about 4 times as much as SS with
all else equal.

4.2. Biodegradable Polymeric (BP) Wires

In order to eliminate the secondary surgery and resolve the shortcomings of permanent metallic
wires, the fracture fixation with biodegradable wires made of polymeric materials was suggested and
applied in the clinical trials [90,91]. The wires made of biodegradable synthetic polymers were applied
in the fracture fixation of the knee [91], wrist [92], elbow [84] olecranon and patella [93] and small bones
of hand [90] and their usage were compared with the metallic K-wires. It was concluded that in both
cases the healing time was the same and polymeric wires were suitable alternatives for the metallic
ones [84,90,91,93]. Despite the high cost of polymeric biomaterials, the total expenses of treatment
by polymeric wires was estimated lower than the metallic ones, since there is no need for the second
surgery [93]. In the fixation of wrist fracture, treatment by BP wires was not recommended, because of
high complication rate in patients [92]. In other cases, it was suggested to use polymeric wires as an
adjunct to metal fixations [94,95]. It has been reported that BP materials have a common disadvantage
in load-bearing applications according to their innate mechanical properties. Considering a proper
mechanical strength, biodegradable metals are promising candidates in load-bearing situations, where
a high mechanical strength and a suitable Young’s modulus are required.

5. Recent Developments of BM Wires in Bone Applications

Although the idea of deployment of BM wires has been presented more than a century ago, their
development has been retarded until nearly a decade ago. In this section, the evolution of BM wires
has been introduced with the only focus on Mg, Fe, and Zn and their alloys.

The first experimentally employed Mg wires were used as sutures to anchor nerves and muscles.
During the early attempts, the lack of ductility prevented the use of Mg wires as suture [19]. Although
the pure Mg as a suture wire presented an adequate degradation rate [19], rapid degradation was an
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obstacle to develop the usage of Mg as an implant in bone surgery. In orthopedic applications, implants
usually undertake a certain load during the healing of injured bone. Due to the rapid degradation, the
mechanical strength and integrity of the Mg-based implants will be deteriorated seriously. Hence, the
implants lose their load-bearing ability during their service time. Pits or cracks created by the rapid
corrosion might result in sudden failure, even at the initial stage after implantation [96]. Therefore,
it can be concluded that as a bone fixation wire material, two main drawbacks of Mg could be low
ductility and high degradation rate.

Recent studies on Mg-based BMs have focused on the improvement of mechanical properties
and corrosion resistance of Mg and its alloys. In this regard, various methods such as selection on
alloying elements [97–100], microstructural adjustment [101–104] and surface modification [96,105]
have been applied. All the mentioned methods have been widely investigated for examining the in vivo
and in vitro characteristics of common implant devices such as screws, plates, and pins [106–108].
In addition to the clinical trials of McBride and Verbrugge [109], at the first half of the 20th century, to
employ Mg screws, plates and nails, recently, a few researchers [110,111] developed Mg-based implant
devices and utilized them in patients’0 body to fix the bone fractures. Although plenty of studies
has investigated the application of BP materials for manufacturing K-wires and cerclage wires, less
attention has been paid to develop BMs for these wire bone fixation devices. By analyzing the plenty
of publications about biodegradable Mg-based materials, it has been found that just a few pieces of
research have investigated the development of the Mg alloys in the form of wires for bone fraction
surgeries. As it was mentioned, the diameter of K-wires and cerclage wires vary between 0.4 and
3.5 mm. Hence, in this section, only the wires in this range of diameters were considered.

Various alloying elements were added to pure Mg to reduce the corrosion rate and concurrently
keep the biocompatibility of the alloy for bone surgery. Among these alloys, Mg-calcium (Ca) alloys
were biocompatible but degraded quite rapidly [97]. The combination of Mg with rare earth metals
decreased the corrosion rate but also created cytotoxic effects [97,99]. Tie et al. [112] introduced a novel
Mg alloy containing 2% silver (Mg2Ag) and showed that the alloy possessed appropriate mechanical
properties and a rather low degradation rate in vitro. In order to assess the in vivo behavior of the alloy,
Jahn et al. [113] implanted Mg2Ag intramedullary wires into mice with and without a femoral shaft
fracture. The wires with the final diameter of 0.8 mm were produced via the cold rolling following
the hot extrusion. To avoid the loss of ductility, heat treatment between the mentioned metal forming
processes were employed. As a matter of biological effects, Mg2Ag alloy does not have any side effects
on the growth rate of the bone or on inner organ morphology that represents the high biocompatibility
of this alloy. They have examined the degradation rate of the alloy both in vitro and in vivo. Although
the corrosion rate of Mg2Ag alloy in vivo was three times faster than in vitro, the alloy still showed
sufficient rate of biodegradability which maintained proper mechanical stability while supporting
fracture healing. Figure 6 illustrates the X-ray images of fractured bone fixed by steel and Mg2Ag
wires during 133 days in mice [113]. Finally, they have concluded that Mg2Ag might be a promising
material that has a potential application in musculoskeletal medicine.

In another attempt, Bian et al. introduced Mg-based BMs with dietary trace element germanium
(Ge) for orthopedic implant application [114]. They added various mass percentages of Ge to Mg
but in a limited range because of biosafety concerns. The MgGe samples with a diameter of 2.2 mm
were prepared by hot rolling and machining. The highest strength and elongation were reported for
Mg3Ge alloy with the yield tensile strength (YTS) of 135 MPa, UTS of 236 MPa and 17.7% elongation.
It could be concluded that in comparison to other Mg-X alloy (X represents for essential/possibly
essential element in human health) Mg-3Ge exhibits the highest strength and significantly improves
elongation and serves the lowest in vivo corrosion rate. Figure 7 gives a comparative diagram to assess
the strength and elongation of various biodegradable Mg-X alloys manufactured in different process
conditions [114].
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Figure 6. X-ray images to determine degradation of intramedullary Mg2Ag wires during 133 days in
mice compared to a steel pin (scale bar = 5 mm), reproduced with permission from [113], Elsevier, 2016.

Figure 7. Comparison of the mechanical properties among various biodegradable Mg-X alloys
(X: essential/possibly essential element in human health). Different symbols represent different
alloy systems and symbol color reflects the process condition, reproduced with permission from [114],
Elsevier, 2017.
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Drawing and extrusion are the most common industrial processes for the fabrication of wires
based on the desired diameters. Bian et al. [114] have produced the Mg3Ge wires by machining
following hot rolling process which is not a proper method for manufacturing wires. It is clear
from Figure 7 that extruded parts for most of the Mg alloys have a higher ductility and strength in
comparison with rolled and casted parts. Considering the last two points, one can conclude that more
ductility and higher strength would be achieved by the fabrication of Mg3Ge wires via wire extrusion.

The relevance between the manufacturing process and the corrosion rate for Mg alloys have been
investigated by Koo et al. [115]. They fabricated as-cast Mg-Zn-Mn and as-extruded Mg-Zn-Mn wires
with a diameter of 1.6 mm. Both the alloys were examined in vivo and in vitro. It was observed that
as-cast Mg-Zn-Mn alloy had higher corrosion rate with severely localized pattern in comparison with
the extruded one which had the uniformly localized pattern. This observation has been attributed
to the larger grains boundary and the lower mechanical strength of the as-cast alloy compared to
the extruded one which had smaller grain size and higher mechanical strength [115]. This research
highlighted the effect of the manufacturing process on the mechanical properties and the corrosion rate
of the BM alloys. Therefore, it can be stated that by imposing higher strains during the manufacturing
process of wires, finer microstructure could be achieved, which in turn improves the mechanical
properties and corrosion rate of BMs. Despite the limited studies about Mg wires applied in bone
fixation devices, it could be stated that Mg wires have a high potential for utilization as K-wires and
guide wires in orthopedic surgeries.

In order to overcome the low corrosion rate of pure Fe, various alloying elements such as Mn,
Co, Al, W, Sn, B, C, S and Si have been introduced to accelerate its degradation rate [116–118]. After
adding Mn and Si into pure Fe (Fe30Mn6Si), its corrosion rate was increased [118], while adding
Co, Al, W, Sn, B, C and S have no appreciable influences on the degradation rate of pure Fe [116].
All the mentioned elements can increase the strength of the base metal except Sn which decreases
the mechanical properties [116]. Fe-based alloys also have high strength and high ductility, making
them suitable candidates for utilization as wire fixation devices. Additionally, the superior mechanical
properties of these alloys are favored for making fine wires even in sub-micron sizes which could be
beneficial for the plenty of clinical operations. However, the high Young’s modulus of these alloys
offers an inadequate match to those of natural bone and potentially causes stress shielding.

Hermawan et al. [119] reported the corrosion rate of Fe-Mn alloy which was finally one order of
magnitude lower than that of Mg and its alloys. To achieve high degradation rates, Fe-Mn-Pd alloys
were produced and showed higher corrosion rate compared to pure Fe and Fe-Mn alloys [51]. It is
worth mentioning that these researchers obtained the corrosion rate of those alloys in vitro, which
in fact are different from in vivo results. Kraus et al. [48] examined Fe-Mn-Pd alloy wires in vivo to
perform a feasibility study of these alloys in osteosynthesis applications. They produced the wires
with a diameter of 1.6 mm by casting and machining processes. The degradation rate of Fe-Mn-Pd
wires was not significantly higher than that of Fe and Fe-Mn alloys (see Figure 8).

Attempting to find a proper Fe-based alloy with suitable degradation rate, some researchers
achieved novel Fe alloys such as Fe-Pd [120], Fe-Mn-C-S [121] and Fe-Ga [122] which showed higher
corrosion rate compared to pure Fe in vitro. Capek et al. [120] stated that the preparation route
significantly influenced material properties such as mechanical strength and corrosion rate. In spite of
numerous studies for improving the degradation rate of Fe-based alloys have been reported, only one
research in the literature [48] has applied Fe-based wires in vivo experiments in the rats’ long bone.

As discussed in Section 2.3, Zn and its alloys have moderate corrosion rate and biologically
beneficial corrosion products thus have been considered as one of the first priorities in the material
selection for the regeneration of bone defects. However, there is no in vivo studies in the literature
about the utilization of Zn-based wires in the orthopedic or dental applications. Actually, the
contribution of Zn-based wires in vivo experiments has been mostly limited to the cardiovascular
stent application which has different biological environment compared to bone tissues. Anyway, the
alloying elements, process conditions for wire drawing, mechanical properties, and the corrosion
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behavior of Zn-based stents could be an initial guidance for the future use of this kind wires in the
bone regeneration purposes.

Figure 8. Optical micrographs of the wires after implantation for (a–c) 4 weeks and (d–f) 52 weeks of
(a,d) pure Fe, (b,e) Fe–10Mn–1Pd and (c,f) Fe–21Mn–0.7C–1Pd, reproduced with permission from [48],
Elsevier, 2014.

5.1. Medical Sutures and Staples

In 1849, Sims successfully used a fine structure of drawn silver wires by a jeweler to close a
large vesicovaginal fistula [123]. In 1947 Babcock et al. [123] published their experimental results for
utilization of tantalum (Ta) and SS wires as sutures. They found that both the materials were suitable
candidates for suturing but the 18-8 SS which had a reasonable price could be more applicable [123].
For many years and until now, SS sutures have gained a lot of attentions. Permanent metals adopted
for utilization as sutures were mentioned in Table 2. Since the beginning of the 2nd world war, BP
materials were introduced. The BP materials could be classified in two groups, synthetic polymers
(nylon, polyester and propylene) and natural polymers (catgut and collagen) [124]. Materials that were
introduced for suture applications should have high mechanical strength and integrity and should be
biocompatible. It has been reported that polymers cannot withstand high loads securely and exhibit a
low creep and stress relaxation resistance which limits their range of application [13]. Metallic sutures
possess, in general, the higher strength and more advantageous creep and relaxation behavior than
polymers, and they also show, in most of cases, good biocompatibility. Therefore, metallic sutures are
preferred to polymeric ones especially when a biodegradable metallic suture is applied. Mg, Fe and
Zn as biodegradable metals could attract more attention for suture applications.

The first usage of Mg as a suture material dates to the beginning of the 20th century. There were
some attempts to use Mg wires for osteosynthesis and in vascular surgeries. The low ductility of
pure Mg due to its close-packed hexagonal structure has prevented their usage as suture materials.
In 1924, Seeling produced high purity Mg in a distillation process to overcome the low ductility of
the material [13]. The high purity Mg did not exhibit adequate mechanical properties to allow a
defect-free kinking and knotting of the wires. Seeling also tried to increase the ductility of Mg by
adding some alloying elements [13]. The corrosion rate of Mg as suturing material was reported to
be adequate. Hence, Seeling focused on the improvement of its mechanical properties. As it was
mentioned earlier, Mg and its alloys have high corrosion rate which is inappropriate for most of the
applications. Therefore, decreasing the degradation rate of Mg by some methods such as adding
alloying elements were carried out. Researches in this field were retarded until the beginning of
21th century.

Seitz et al. [125,126] were the first researchers produced Mg wires for suture applications. They
selected four Mg alloys, ZEK100, MgCa0.8, AL36 and AX30, which were previously reported to be
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biocompatible. Mg suture wires of 0.3 to 0.5 mm in diameter were fabricated by hot extrusion [125]
and their diameter was further decreased via multiple drawing [126]. Despite low mechanical
properties of the extruded wires, they could meet the parameters required for a surgical suture. As an
extruded suture, the AL36 wire had the greatest ductility which allowed for tightening knots (Figure 9).
With the aid of multiple wires drawing process, the Mg wires were reduced to monofilament wire
possessing diameters between 0.5 and 0.1 mm and they also twisted into polyfilament sutures using
stranding. Compared to monofilament strands, polyfilament alloy materials possessed significantly
lower tensile strengths but higher fracture strains [126]. More ductility along with the adequate
strength of polyfilament alloy materials made them suitable candidates for suture applications.

Figure 9. Knotted noose made of the alloy AL36, reproduced with permission from [125], WILEY, 2010.

The previously mentioned studies have investigated pure Mg in combination with aluminum
(Al) as the alloying element. It has been shown that it could be detrimental to the body. In high
doses, Al has been shown to cause neurotoxicity [26]. Considering the neurotoxicity of element
Al, Mg-Al-based alloys are not recommended candidates for biodegradable implant material [27].
However, recently, Al-free Mg alloys with better biological performance such as Mg-RE (rare earth
element) alloys have been developed and investigated in vivo and in vitro [98,99,127]. Bai et al. [127]
employed hot extrusion and cold drawing with intermediate annealing process to prepare fine wires
with final diameters less than 0.4 mm of three kinds of ternary Mg-4%RE (Gd/Y/Nd)-0.4%Zn alloys.
High yield strength along with moderate and adequate ductility was reported for all the fine wires. The
in vitro degradation performance of the finished fine wires was evaluated, and the results indicated
that Mg-4Gd-0.4Zn and Mg-4Nd-0.4Zn wires showed a similar good corrosion resistance and a
uniform corrosion behavior in simulated body fluid (SBF) solution. In contrast, Mg-4Y-0.4Zn fine
wires exhibited a relatively high degradation rate and pitting corrosion behavior [127]. All the studies
dedicated to wires with the diameter of less than 1 mm have been reviewed in this section. Generally,
one can conclude that Mg-based fine wires might be good candidates for suture applications with
adequate mechanical properties and adequate degradation rate. Another application of fine wires is as
staples. Staples made of pure Mg [128,129] and its alloys [130] were recently investigated for gastric
anastomosis. Although the examined staples have exhibited enough closure strength, homogeneous
corrosion behavior, and desirable biodegradation rate both in vivo and in vitro [128–130], their usage
as a bone staple were not evaluated in any researches yet.

In the 18th century, Icart successfully employed Fe wires for the first time to support the healing
of fractured human bone [13]. At that time, Fe was not considered to be a degradable implant material
and was selected only due to its sufficient mechanical properties. It was just at the beginning of
the 21st century that Fe attracted researchers’ attention as a biodegradable and more importantly
nutrient implant material in bone surgeries. However, the use of pure Fe and Fe-based alloys as a
nutrient suture material were not reported in the literature. Table 3 summarizes all the applications of
biodegradable metallic wires.
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5.2. Bone Tissue Engineering

Bone grafting is known as an operation aiming to replace diseased or injured bones with grafting
materials. The bone graft could be taken from the patient (autograft) or donors (allograft) or utilized
synthetic materials [131]. Even though both of autograft and allograft have some significant advantages,
owing to some clinical problems such as the necessity of performing additional surgery on the donor
site as well as size and geometry limitations of autograft and inconsistency with host tissue, and the
possibility of disease transmission from donated allograft, a growing demand for synthetic materials
as bone substitutes is received from clinicians [132]. Rely on the diamond concept for the bone healing
process, synthetic bone materials could play an important role as a scaffold because it can keep
mechanical stability. In addition, a combination of these materials with osteogenic cells and growth
factors could accelerate the new bone formation [132,133].

Among the wide range of synthetic materials, calcium phosphate cement (CPC) is known to be
the most resemble synthetic material to natural bone thus is clinically suitable for the repair of bone
defects in a variety of orthopedic and dental applications [134,135]. Although CPCs are biodegradable,
biocompatible, osteoconductive and have proper compression strength, because of their low bending
and tensile strength and low fracture toughness their applications are limited to non-load bearing areas
such as small cranial and maxillo-facial surgeries [136,137]. Generally, the mechanical strength of CPC
is similar to that of trabecular bone, or one-fifth of that of cortical bone [138]. Reinforcement of CPC
with fibers is one of the most promising approaches for its application in thin and large bone defects as
well as stress-bearing locations [135]. The fiber reinforced calcium phosphate cement (FRCPC) concept
was firstly introduced by Gonten et al. in 2000 [139]. They utilized a fiber-mesh made from poly
(galectin) to reinforce CPC. Their results showed that the knitted fiber-mesh could enhance the flexural
and toughness of CPCs. Then, in 2002, Xu et al. [140] incorporated two types of resorbable fibers into
CPC with a fiber volume fraction of 25%. Their FRCPC increased the flexural strength threefold, and
work-of-fracture toughness nearly 100 times than those of unreinforced CPC. They also claimed that
resorption of the fiber during the regeneration process could facilitate vacuolization and consequently
rapid bone-ingrowth. In a same period of time, Dos Santos et al. [138] followed up this field using
non-degradable fibers including carbon, nylon which were not suitable for clinical applications. They
just tried to enhance the mechanical properties which CPC is weak at.

In the next generation of FRCPC, biocompatible and biodegradable polymeric fibers such as poly
(lactic-co-glycolic) acid (PLGA) [141] and biopolymers such as chitosan and gelatin [142] were used.
Owing to the lower Young’s modulus and strength of these fibers than those of the cement matrix,
they are not successful enough as a reinforcement element for the strengthening of CPC. The bending
strength of 40–45 MPa is the best mechanical properties have been reported for FRCPC achieved by
PLGA fibers up to now. Furthermore, in physiological environment, fast degradation rate of PLGA
fibers results in the concern of mechanical stability only after 3–4 weeks [143]. In 2013, the new
generation of FRCPC was introduced by Kruger et al. [144]. They utilized AZ31 and ZEK100 Mg wires
with 0.6 and 0.228 mm in diameter respectively. It was for the first time that BM wires were used as a
reinforcement element for the strengthening of CPC which was successful to improve the bending
strength of FRCPC up to 139 ± 41 MPa. They stated that regarding the fracture of the FRCPC initiated
by shearing of the matrix at or near the biodegradable metallic wire surface, hybrid reinforcement of
CPC with both metal and fine polymer fibers such as polylactic acid (PLA) could postpone the crack
initiation and further enhance the mechanical properties of FRCPC (Figure 10). Additionally, in vitro
tests with osteoblasts validated cytocompatibility of wire-reinforced CPC composites with BM.

126



Metals 2018, 8, 212

Figure 10. Comparison between three different compositions of FRCPC including AZ31, PLA and
hybrid (both AZ31 and PLA). (a) Load-displacement curves; (b) Bending strength and (c) Fracture
images of the composites, reproduced with permission from [114], Elsevier, 2013.

However, there is only one pilot study for the use of FRCPC composites. Further investigations
need to be done to optimize the mechanical properties of the BM wire reinforced CPC composites by
applying a vast range of diameters, plenty types of biodegradable alloys and different fiber dispositions.
Moreover, assessment of the mechanical stability should be conducted in much longer time in vitro
(several months or even a year), and finally in vivo animal tests should be performed to examine
all of the positive and negative biological effects and structural changing during the degradation of
these kind of composites before any clinical applications for the grafting of human bone defects in the
load-bearing locations.
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6. Future Work

Generally, for BM wires and especially for Mg and its alloys, controlling the degradation rate
for implant applications is quite important. It becomes more critical for the application of fine BM
wires in stress-bearing areas, because the mechanical properties of such wires can be significantly
influenced by high corrosion rate. Therefore, the first priority in the application of BM wires is
controlling the corrosion rate to a logical rate, at least in the initial stage after implantation. In this
regard, methods such as selection of alloying elements, microstructure adjustments and surface
modification will be effective. It is worth mentioning that these corrosion controlling methods have
some intrinsic differences. Various surface modification techniques create a protective layer on the
material which resist against corrosion. In some cases, this layer also increases the osteoinductivity
and osteoconductivity of the material while in other cases only controls the corrosion rate on the
surface. In general, surface modification methods affect the surface corrosion. Selecting proper alloying
elements in combination with the base metal could adjust the volume degradation rate of the material
and concurrently could enhance mechanical properties of an alloy. The third corrosion controlling
method, by employing a proper fabrication process, creates a fine and uniform microstructure which
in turn influences the mechanical properties of the material. Hence, it is obvious that selecting alloying
elements and refining microstructure methods will have another beneficial effect on mechanical
characteristics of the materials. These two mentioned techniques, except in some special cases, are
preferred to surface modification methods.

6.1. Alloying Elements

6.1.1. Magnesium

Common alloying elements used for pure Mg are mentioned in Table 4. Biological and mechanical
advantages and disadvantages of the elements are summarized in this table. Since Al and Cu may
cause neurotoxicity in the body, their usage in recent studies has been limited. It is obvious from the
table that Cu also accelerates the corrosion rate of Mg [26] and hence, it is not suitable for implants.
Adding Ca, Si and Li elements could deteriorate the degradation rate of Mg [97]. Therefore, these
elements cannot play their role as a corrosion controlling element. It can be seen that other alloying
elements, such as Zn, Zr, Mn and RE improve the corrosion resistance of Mg and simultaneously
increase the strength and ductility of the obtained alloy. Additionally, for the mentioned elements in
standard dosage, harmful side effects were not reported [97]. In recent literature it can be found that
newly introduced biocompatible Mg alloys mostly contain these elements [145–148]. Therefore, in
designing and developing of new Mg biomaterials the potentials of these alloying elements should
be considered.

6.1.2. Iron

Alloying elements such as Mn, Co, Al, W, Sn, B, C, S and Si were added into Fe-based alloys to
accelerate their degradation rate. It has been found that adding Co, Al, W, Sn, B, C and S have no
influence on the degradation behavior of pure Fe [116], while the alloy Fe30Mn6Si had a relatively
more corrosion rate compared to pure Fe [118]. There are two main criteria regarding increase in the
corrosion rate of Fe-based alloys which affect the corrosion susceptibility of this kind of alloys: (1) the
addition of less noble alloying elements within the solubility limit in Fe to cause the matrix more
susceptible to corrosion; and (2) the addition of noble alloying elements to generate small and finely
dispersed intermetallic phases (IMPs). Mn and Pd have been shown to be suitable alloying elements
according to both of the mentioned approaches [51]. Fe-Mn-Pd alloy has investigated and suggested as
a Fe-based alloy which could improve the degradation rate of the base metal [48]. Inspecting the effect
of alloying elements on the corrosion behavior of Fe-based alloys is still a challenging and ongoing
research area.
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6.1.3. Zinc

Zinc as a newly introduced biodegradable metal with a moderate degradation rate has attracted
some attention. Alloying elements of Zn have the role of strengthening the matrix since Zn-based
alloys suffer from low mechanical properties. To improve the mechanical properties of pure Zn,
some elements such as Mg, Ca, Sr, Sn and Fe were added into Zn-based alloys [56,70,117,149].
Vojtech et al. [70] developed as cast Zn-Mg alloys and studied their mechanical properties and corrosion
behavior. Their results showed a significantly improvement in the tensile strength of Zn modifying
by 1% Mg. The elongation of Zn-1% Mg alloy was much greater than that of pure Zn but was
only 2%, which is quite low for medical usage [70]. Combination of Mg as an alloying element with
Zn-based alloys especially about 1% is newly introduced and investigated by several researchers [54,55].
Shen et al. [150] produced Zn-1.2% Mg alloy and achieved the high ultimate strength of 362 MPa and
elongation of 21%, which is the highest ductility obtained for biodegradable Zn alloys. The combination
of Zn with other alloying elements is still a challenging topic for researchers.

6.2. Surface Modification

6.2.1. Magnesium

Numerous studies have proved that the functional and mechanical behaviors as well as
chemical and physical properties of biomaterials can be affected by different surface modification
techniques [151]. Although plenty of coating methods such as electrodeposition [152], sol-gel and
dipping [153], chemical conversion [154], anodization [155], vapor deposition [156], spin [157], and
alkali treatment [158] have been proposed to inhibit rapid corrosion of Mg and its alloys, just few of
them are effective and flexible enough for the formation of a uniform coating with desired thickness
on the non-flat surfaces such as wires. Simultaneously, the adhesion between the substrate and the
coating film is another concern that should be considered. Finally, prevention from deteriorating the
mechanical properties of the substrate as much as possible is the third consideration in the selection of
an adequate coating method. To summarize, it is claimed that only sol-gel preparation combined with
dip coating and alkali treatment can meet all of the three mentioned requirements which make them
suitable and cost-effective methods for the coating of Mg-based wires [151,159].

The composition of the coating is another critically important parameter. An ideal coating material
for bone applications should be able to enhance the biocompatibility and osteointegration properties
of Mg-based alloys and simultaneously increase the corrosion resistance. As discussed in Section 2.1.1,
coating with Mg(OH)2 [159,160] could enhance bone formation and passivate the Mg-based wires
to decrease the corrosion rate as well. The synthetic calcium phosphate coatings [151,161,162] can
definitely facilitate the new bone formation. The biomimetic coating with pure collagen [163] and
collagen-based composites [164] is another promising approach that can be applied in the future
studies of Mg-based wires in bone tissue regeneration.

6.2.2. Iron

Despite numerous investigations focused on the surface treatment methods for Mg-based alloys,
only few research can be found for surface treatment of pure Fe. Chen et al. [165] suggested using
micro-patterned Au disc arrays to accelerate degradation of pure Fe. The proposed approach
relied on the galvanic corrosion caused by the Au array [165]. In another research, Fe-O thin
films were prepared on pure Fe by plasma immersion ion implantation and deposition in order
to improve the biodegradability and biocompatibility [166]. The prepared thin films decreased the
degradation rate and enhanced the corrosion behavior [166]. Sandblasting method has been proposed
by Zhou et al. [167] as a successful surface treatment for increasing the degradation rate of pure Fe in
SBF. The reasons for increasing the corrosion rate were the change of surface composition (in the early
stage), high roughness and high density of dislocations [167]. The limited number of researches in the
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surface treatment methods for Fe-based BM wires indicates that more studies is required to introduce
and reveal the potentials of various surface treatments approaches.

6.3. Fabrication Processes

As stated before, microstructure adjustment is one of the corrosion control methods. In this
regard, selection of a proper fabrication process could effectively influence the microstructure. In case
of Mg-Zn-Mn alloy, it has been reported that the extruded alloy compared to casted material had
fine grain size and accordingly slower degradation rate. Therefore, selection of the manufacturing
process of the alloy needs more attention. There are several common manufacturing processes such
as rolling, extrusion, forging, drawing, and continuous casting. Recently severe plastic deformation
(SPD) processes such as equal channel angular extrusion (ECAP), multi-axial forging (MAF) and
high-pressure torsion (HPT) were introduced. These SPD methods by imposing large shear strains
or huge compressive strains decrease the grain size of the materials. Dobatkin et al. [168] employed
three different SPD processes (ECAP, MAF, and rotary swaging (RS)) to investigate the effects on the
microstructure and corrosion behavior of WE43 Mg alloy. They observed that all the processes could
decrease the grain size and create ultra-fine grained (UFG) microstructure. The biodegradation rate
of the UFG WE43 was examined in vitro and it was concluded that ECAP and MAF caused some
deceleration of biodegradation rate by slowing down the gas formation in the biological fluid and
improved the biocompatibility of the WE43 alloy [168]. This research shows the potential of SPD
method in controlling the corrosion of Mg alloys which can be spread to other biodegradable metals
as well.

7. Conclusions

Application of biodegradable metals (magnesium, iron, and zinc) as promising biodegradable
materials is spreading in various biomedical devices especially for dental and orthopedic applications.
Wire is one of the most popular forms of these materials that can be easily formed by drawing
and other methods. Although currently biodegradable metallic wires have some drawbacks such
as unsatisfactory degradation rate and mechanical properties when used in bone surgeries, many
methods can be adopted to control their corrosion behavior and tailor their mechanical properties.
Owing to the proper mechanical properties, controllable degradation rate, and the release of nutrient
ions, which will significantly be beneficial to bone cells and bone tissue regeneration, we firmly believe
that in the near future BM wires will be used broadly in dental and orthopedic fields.
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Abstract: In the last decade, iron and magnesium, both pure and alloyed, have been extensively
studied as potential biodegradable metals for medical applications. However, broad experience
with these material systems has uncovered critical limitations in terms of their suitability for clinical
applications. Recently, zinc and zinc-based alloys have been proposed as new additions to the list of
degradable metals and as promising alternatives to magnesium and iron. The main byproduct of
zinc metal corrosion, Zn2+, is highly regulated within physiological systems and plays a critical role
in numerous fundamental cellular processes. Zn2+ released from an implant may suppress harmful
smooth muscle cells and restenosis in arteries, while stimulating beneficial osteogenesis in bone.
An important limitation of pure zinc as a potential biodegradable structural support, however, lies in
its low strength (σUTS ~30 MPa) and plasticity (ε < 0.25%) that are insufficient for most medical device
applications. Developing high strength and ductility zinc with sufficient hardness, while retaining its
biocompatibility, is one of the main goals of metallurgical engineering. This paper will review and
compare the biocompatibility, corrosion behavior and mechanical properties of pure zinc, as well as
currently researched zinc alloys.

Keywords: zinc; zinc alloys; biodegradable; biocompatible; corrosion degradation; mechanical properties

1. Introduction

Over the last 4 decades, innovations in biomaterials and medical technology have attracted
remarkable attention for their potential to improve human life, by replacing and repairing soft and
hard tissues, such as bone, cartilage, blood vessels, or even entire organs [1,2]. During this time, metals
have become widely used as orthopedic implants, cardiovascular interventional devices, and tissue
engineering scaffolds, due to their high strength and toughness compared with polymers and ceramic
materials [3,4]. Traditional metallic biomaterials with high corrosion resistance, such as titanium alloys,
stainless steels, cobalt–chromium alloys and tantalum are generally used as permanent implants
in patients [3–5]. In most applications, however, the function of the implant is temporary and no
longer needed after full recovery of the treated site. Furthermore, the permanent presence of the
implant can lead to chronic deleterious effects. For instance, metal ions can be released from implanted
devices due to defects in the surface oxide film, eventually resulting in implant fracture. In other cases,
a chronic inflammatory response against the implant may undermine the therapeutic function of the
device. In such circumstances, a second operation may be necessary to extract the implant, resulting in
additional injury and expense [1,3,6,7].

Biodegradable metals represent an alternative approach to the traditional paradigm of corrosion
resistant metals [1,8]. Biodegradable metals are expected to corrode gradually and harmlessly in vivo,
maintain mechanical integrity during the critical tissue healing phase, and then dissolve completely
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upon fulfilling their mission [8]. In the last decade, iron and magnesium, both pure and alloyed,
have been extensively studied as potential biodegradable metals for medical applications [8–15].
However, broad experience with these material systems has uncovered critical limitations in terms of
their suitability for clinical applications [5,16–22]. For instance, the corrosion rates for Fe and Fe-based
alloys are generally substantially below clinical needs, producing similar problems as found with
permanent implants [8,16,23,24]. Their corrosion products do not appear to be excreted or metabolized
at a satisfactory rate, but rather accumulate and repel neighboring cells and biological matrices,
rather than allowing cells to integrate around and within the original footprint of the degrading
implant [25]. On the other hand, pure and alloyed Mg exhibits insufficient mechanical strength as well
as excessive corrosion rates, accompanied by hydrogen gas evolution, pH increases, and premature
loss of mechanical integrity [7,26–29].

Recently, zinc and zinc-based alloys were proposed as new additions to the list of degradable
metals and as promising alternatives to magnesium and iron [30–34]. The following are advantageous
characteristics of zinc and its alloys for use in medical applications:

• Similar to magnesium and iron, zinc is an essential trace element in the human body. It is
a component of more than 300 enzymes and an even greater number of other proteins, highlighting
its indispensable role in human health. Optimal nucleic acid and protein metabolism, as well
as cell growth, division, and function, require sufficient availability of zinc [30,35]. From this
perspective, zinc ions released from the implant during the degradation phase could integrate
into the normal metabolic activity of the host without producing systemic toxic side effects [36].

• Zinc exhibits high chemical activity, with an electrode potential (−0.762 V) falling between that of
magnesium (−2.372 V) and iron (−0.444 V) [36–38]. Pure zinc metal, therefore, exhibits moderate
degradation rates (faster than the slowly degrading Fe and its alloys, but slower than the rapidly
degrading Mg and its alloys) due to passive layers of moderate stability, formed by corrosion
products [19,39–41].

• Zinc and zinc-based alloys are easier to cast and process due to their low melting points,
low chemical reactivity and good machinability [37,42,43]. For instance, unlike Mg based alloys,
the melting of zinc alloys can more conveniently be performed in air [37].

An important limitation of pure zinc as a potential biodegradable structural support, lies in
its low strength (σUTS ~30 MPa) and plasticity (ε < 0.25%) characteristics that are insufficient for
most medical applications [42,44,45]. Developing zinc with high strength and sufficient hardness is
one of the main goals of metallurgical engineering, to broaden its utility as a biomedical implant.
One of the most powerful tools to improve a metal’s mechanical performance is the addition of
alloying elements to the pure metal matrix [36,44]. Researchers have developed Zn-based alloys
with new and more attractive features, modifying their chemical composition and microstructure,
in order to improve mechanical properties, by principally using solid solution and second-phase
strengthening [45]. Furthermore, improvements in the mechanical properties of pure zinc can be
produced by the thermomechanical refinement of grain size, by extrusion, rolling, etc. [9]. This paper
will review and compare the biocompatibility, corrosion behavior and mechanical properties of
pure zinc as well as currently researched zinc alloys. The various types of zinc alloys, in terms of
compositions and phase constituents, are summarized in Table 1.
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Table 1. Common biomedical zinc alloys.

Family
Representive Alloys and Alloying

Elements (wt %)
Main Phases References

Zn–Mg

Zn–0.15Mg α-Zn, Mg2Zn11 [9]
Zn–0.5Mg α-Zn, Mg2Zn11 [9]

Zn–1Mg, ZnMg1 α-Zn, Mg2Zn11 [9,22,42,46,47]
Zn–1.2Mg α-Zn, Mg2Zn11 [3]

Zn–1.5Mg, ZnMg1.5 α-Zn, Mg2Zn11 [36,42]
Zn–3Mg, ZnMg3 α-Zn, Mg2Zn11 [9,42,48]
Zn–1.5Mg–0.1Ca α-Zn, Mg2Zn11, CaZn13 [36]
Zn–1Mg–0.5Ca α-Zn, Mg2Zn11, CaZn13 [47]
Zn–1Mg–1Ca α-Zn, Mg2Zn11, CaZn13 [44]
Zn–1Mg–0.1Sr Zn, MgZn2, SrZn13 [49]
Zn–1Mg–0.5Sr Zn, MgZn2, SrZn13 [49]

Zn–1.5Mg–0.1Sr α-Zn, Mg2Zn11, SrZn13 [36]
Zn–1Mg–1Sr α-Zn, Mg2Zn11, SrZn13 [44]

Zn–1Mg–0.1Mn Zn, MgZn2 [50]
Zn–1.5Mg–0.1Mn Zn, MgZn2 [50]

Zn–Ca
Zn–1Ca α-Zn, CaZn13 [22]

Zn–1Ca–1Sr α-Zn, CaZn13, SrZn13 [44]

Zn–Sr Zn–1Sr α-Zn, SrZn13 [22]

Zn–Al

Zn–0.5Al Zn, Al [9,51]
Zn–1Al Zn, Al [9,52]
Zn–3Al Zn, Al [52]
Zn–5Al Zn, Al [52]

ZnAl4Cu1 Zn, Al [42]
ZA0.1Mg α-Zn, Mg2(Zn,Al)11 [51]
ZA0.3Mg α-Zn, Mg2(Zn,Al)11 [51]

ZA0.5Mg/Zn-0.5Al-0.5Mg α-Zn, Mg2(Zn,Al)11 [51,53]
Zn–0.5Al–0.5Mg–0.1Bi Zn, Mg2(Zn,Al)11, Mg3Bi2 [53]
Zn–0.5Al–0.5Mg–0.3Bi Zn, Mg2(Zn,Al)11, Mg3Bi2 [53]
Zn–0.5Al–0.5Mg–0.5Bi Zn, Mg2(Zn,Al)11, Mg3Bi2 [53]

3.5–.5Al, 0.75–1.25Cu, 0.03–0.08Mg Zn, Al [31]
3.5–4.3Al, 2.5–3.2Cu, 0.03–0.06Mg Zn, Al [31]

5.6–6Al, 1.2–1.6Cu Zn, Al [31]

Zn–Cu

Zn–1Cu η-Zn, ε-CuZn5 [54]
Zn–2Cu η-Zn, ε-CuZn5 [54]
Zn–3Cu η-Zn, ε-CuZn5 [54,55]
Zn–4Cu η-Zn, ε-CuZn5 [37,54]

Zn–3Cu–0.1Mg Zn, CuZn5, Mg2Zn11 [55]
Zn–3Cu–0.5Mg Zn, CuZn5, Mg2Zn11 [55]
Zn–3Cu–1Mg Zn, CuZn5, Mg2Zn11 [55]

Zn–Li

Zn–2Li Zn, α-LiZn4 [25]
Zn–4Li Zn, α-LiZn4 [25]
Zn–6Li Zn, α-LiZn4 [25]
Zn–Li Zn, α-LiZn4 [56]

Zn–Ag
Zn–2.5Ag η-Zn, ε-AgZn3 [45]
Zn–5Ag η-Zn, ε-AgZn3 [45]
Zn–7Ag η-Zn, ε-AgZn3 [45]

2. Zinc in the Human Body

The essential role of zinc in the human body was discovered in 1961 when Iranian farmers
subsisting on a zinc deficiency diet (unrefined flat bread, potatoes, and milk) were found to suffer
from a group of syndromes, consisting of anemia, hypogonadism, and dwarfism. Since this discovery,
interest in the biochemical and clinical aspects of zinc has increased markedly [57]. Presently, it is well
known that zinc is one of the most abundant nutritionally essential elements in the human body [44].
Zinc is present in all organs, tissues, fluids and body secretions, with 86% of its mass residing in
skeletal muscle and bone, 6% in the skin, 5% in the liver, 1.5% in the brain and the remaining
distributed amongst the other tissues [35,58]. At the cellular level, 30–40% is located in the nucleus,
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50% in the cytoplasm, organelles and specialized vesicles (for digestive enzymes or hormone storage)
and the remaining portion in the cell membrane [35,44]. The human zinc requirement is estimated
at 15 mg/day [8,10,11,37] and due to its high importance, the body has developed sophisticated
mechanisms to remove zinc from dietary constituents and transport it to desired locations. The human
body is able to absorb zinc from the environment, regulate its concentration in body fluids, transport it
safely to all tissues of the body and to the sites where its presence is required, and safely excrete excess
amounts from the body through the kidneys [35].

As a vital element, zinc plays an important role in numerous physiological systems, including
immune, sexual, neurosensory (cognition and vision), and cell development and growth [19,30].
Zinc participates in numerous fundamental biological functions, such as nucleic acid metabolism,
signal transduction, apoptosis regulation, and gene expression [22]. Zinc is a critical component of
enzymes involved in protein synthesis and energy production. More than 1200 proteins are predicted
to contain, bind, or transport Zn2+, for example, zinc-finger proteins [44]. At the cellular level, zinc
maintains the structural integrity of biomembranes and is essential for cell proliferation, differentiation
and signaling [19,59]. Zinc plays an important role in bone formation, mineralization, and preservation
of bone mass and can be found in the bone extracellular matrix, where it is co-deposited with calcium
hydroxyapatite [19,22,60]. Indeed, a zinc decrease in bone matrix correlates with aging and skeletal
disease [22,61].

Table 2 summarizes the systemic symptoms resulting from zinc deficiency or excess.
Zinc deficiency contributes to retarded growth, impaired parturition (dystocia), neuropathy, decreased
food intake, diarrhea, dermatitis, hair loss, bleeding tendencies, hypotension, and hypothermia [44].
Zinc deficiency is generally due to insufficient dietary intake. However, it may also be a consequence
of malabsorption and chronic illnesses, such as diabetes, malignancy, liver disease, and sickle cell
disease [35,57]. On the other hand, excessive amounts of Zn2+ in the body may be detrimental to
vital organs, such as the kidney, liver, spleen, brain, and heart [19]. In addition, a prolonged overdose
of zinc results in copper deficiency, provokes hypocupremia, anemia, leucopenia, and neutropenia,
and impairs the Cu–Zn–superoxide dismutase antioxidant enzyme [30,62].

Table 2. The systemic symptoms resulting from zinc deficiency and excess [35,63,64].

Organ or System Zinc Deficiency Zinc Excess

Brain Decreased nerve conduction, neuropsychiatric
and neurosensory disorders, mental lethargy Lethargy, focal neuronal deficits.

Respiratory tract - Respiratory disorder after inhalation of zinc
smoke, metal fume fever.

Immune system Impaired immune system function, increased
susceptibility to pathogens Altered lymphocyte function.

Thymus Thymic atrophy -

Skin Skin lesions, decreased wound healing,
acrodermatitis -

Gastrointestinal tract - Nausea/vomiting, epigastric pain, diarrhea.

Reproductive system Infertility, retarded genital development,
hypogonadism -

Prostate - Elevated risk of prostate cancer.

3. Corrosion Behavior of Zinc in the Physiological Environment

The degradation model, proposed by Zheng et al. [8], for biodegradable metals in a neutral
physiological environment, generally occurs via cathodic and anodic reactions. Metallic corrosion
produces hydroxides, oxides, and hydrogen gas by-products [65]. In the specific case of zinc,
as presented in Figure 1, the reactions include a number of intermediate species, according to
the following:

Anodic reaction : 2Zn → 2Zn2+ + 4e− (1)
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Cathodic reaction : O2 + 2H2O + 4e− → 4OH− (2)

Zn(OH)2 formation : 2Zn2+ + 4OH− → 2Zn(OH)2 (3)

ZnO formation : Zn(OH)2 → ZnO + H2O (4)

When exposed to body fluid, zinc is oxidized into metal cations following the anodic reaction
in Equation (1). The generated electrons are consumed by a cathodic reaction, corresponding to the
dissolved oxygen reduction in Equation (2). Zn(OH)2 and ZnO corrosion products are likely to form
on the metal surface, without gas evolution, according to Equations (3) and (4). Hence, gas release is
not expected as a result of zinc corrosion, in contrast to the highly problematic hydrogen gas that is
released as a byproduct of magnesium corrosion [8,30,36,59].

It should be noted that the physiological environment is highly aggressive, particularly due to the
high concentration of chloride ions. These ions destabilize the equilibrium between dissolution and
formation of the corrosion product layer, given that chloride ions are able to convert the surface into
soluble chloride salts as follows:

6Zn(OH)2 + Zn2+ + 2Cl− → 6Zn(OH)2 · ZnCl2 (5)

4ZnO + 4H2O + Zn2+ + 2Cl− → 4Zn(OH)2 · ZnCl2 (6)

The dissolution of the Zn(OH)2 and ZnO surface film components promotes further dissolution
of the exposed metal. Cycles of cathodic and anodic reactions expose the fresh metal substrate
to the physiological solution, form corrosion products, and convert the product into soluble salts.
With progressive exposure, an irregular particle may be separated from the zinc matrix and enter the
surrounding medium [8,36].

 

Figure 1. Model of the zinc degradation process in physiological fluids.

According to Bowen et al. [59], thin layers of zinc oxide were the only product observed during
early stages (1.5 and 3 months) on the surface of zinc wires (99.99% purity) implanted into rat aorta.
However, as corrosion progressed to 4.5 and 6 months, the corrosion layer thickened and contained three
different phases/layers: calcium phosphate, zinc oxide, and zinc carbonate. The calcium phosphate layer
appeared on the exterior surface without forming a true bulk product. Hence, the calcium phosphate
layer was not thought to play a significant role in zinc biocorrosion. The compact corrosion layer
included the two other phases, zinc oxide, and zinc carbonate, with ZnO appearing in formations
isolated from one another by the zinc carbonate phase. This complex corrosion layer suggests
that corrosion products of zinc in body fluid might be similar to those reported for magnesium.
These ceramic degradation products can accumulate as a function of the local tissue’s physiological
mass transfer rate and therefore may impact tissue healing and remodeling [30,59].
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Another important factor that needs to be considered in the corrosion of zinc is the pH value of
the solution. According to Pourbaix diagram, shown in Figure 2, zinc is present as hydrated Zn2+

(aq),
over the entire physiological range of pH values and biological standard reduction potentials (~820 mV
to ~−670 mV). The purple arrow in Figure 2 indicates the range of biologically-important standard
potentials determined at pH 7.4 [66]. As reported by Thomas et al. [67] in their investigation of zinc
corrosion as a function of pH, in the pH range 7 to 10, the lowered cathodic reaction rates reduce overall
zinc corrosion rates, and the surface oxides thermodynamically predicted to form in this pH range do
not form an effective corrosion protection barrier. Hence, zinc metals in physiological environments
with a pH of 7.4 will be dissolved over time, as is required for biodegradable medical implants.

Figure 2. Pourbaix diagram of zinc. The purple arrow shows the range of biological standard reduction
potentials at pH 7.4: from ~820 mV to ~−670 mV [66].

4. Biocompatibility and Biological Performances of Zinc and Evaluated Zinc Alloys

4.1. Pure Zinc

After implantation, Zn2+ will be released from the zinc implant to the surrounding extracellular
space and eventually into the bloodstream. Thus, the cellular responses to high extracellular Zn2+

will impact the healing process and biocompatibility with zinc-bearing implants [16]. Furthermore,
the response of the host’s immune system will determine whether the implant becomes biointegrated
and continues to function as designed, or encapsulated in a dense fibrous tissue that may compromise
the intended function of the implant. The inflammatory cells are sensitive to the implant’s corrosion
behavior and cellular accessibility of the surface product, with more porous and actively corroding
interfaces eliciting more benign inflammatory responses, relative to surfaces that are more resistant to
biocorrosion [20,68]. The inflammatory response can therefore potentially be regulated by controlling
implant degradation behavior and rates through alloying and processing.

4.1.1. In Vitro Examination

Törne et al. [32] investigated the initial degradation of zinc exposed to simulated (phosphate
buffered saline (PBS), Ringer’s saline solution) and physiological body fluids (human plasma, whole
blood). They found a decrease in the corrosion rate over time when immersed in body fluids and
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an increase when placed in simulated body fluids. The passivation film that formed in physiological
body fluids was uniform and was composed of inorganic corrosion products and organic materials
(biomolecules). In contrast, the simulated body fluids promoted localized corrosion with thick porous
products, primarily composed of zinc phosphates and carbonates.

The cellular response of human bone marrow mesenchymal stem cells (hMSC) and human
vascular cells (HCECs, HASMC, HAEC) to Zn2+ was recently investigated [16,26,69,70]. According to
Zhu et al. [70], Zn biomaterial can support hMSC adhesion and proliferation and zinc ions can lead to
enhanced regulation of genes, cell survival/growth and differentiation, extracellular matrix (ECM)
mineralization, and osteogenesis. The stimulation of osteogenesis by ionic zinc has been supported by
numerous studies [71–79]. In the case of human vascular cells, Zn2+ at low concentrations can enhance
cell viability, proliferation, adhesion, spreading, migration, and F-actin and vinculin expression, while
decreasing cell adhesion strength. In contrast, high concentrations of Zn2+ elicited opposite effects.
Gene expression profiles revealed that the most affected functional genes were related to angiogenesis,
inflammation, cell adhesion, vessel tone, and platelet aggregation [26]. Since the Zn2+ concentration is
intrinsically related to the implant degradation rate, a slow corrosion rate with controlled release of
Zn2+ is desirable to maintain a low concentration profile of Zn2+ in the local tissues, in order to benefit
cellular functions [16]. A high concentration of Zn2+ may overwhelm metal divalent ion-dependent
intracellular signaling pathways, stimulate oxidative stress pathways, inducing apoptosis or necrosis,
and generally contribute to negative side effects in cell populations adjacent to the implant.

4.1.2. In Vivo Examination

Bowen et al. studied the in vivo performance of zinc wires (99.99%) over 6 months when
implanted into the abdominal aorta of adult rats [59,80]. They found uniform corrosion with
linearly increasing corrosion rates over the residence time. The corrosion rate after 1.5 months
was below the 0.02 mm/year degradable stent benchmark and increased to 0.05 mm/year (~0.4 and
~0.97 mg/day, respectively) after 6 months, both of which are far below the daily allowance of zinc
(15 mg/day) [59]. In addition, a histological examination indicated excellent biocompatibility with
the arterial tissue as well as tissue regeneration within the original footprint of the degrading implant.
Intriguingly, observations of low cellular density and a distinct lack of smooth muscle cells adjacent to
the implant interface indicates that the Zn2+ ions released from a zinc implant may suppress restenosis
pathways [80]. Yang et al. [81] investigated the degradation of pure zinc stents over one year in a rabbit
abdominal aorta model. They reported an excellent biocompatibility, without severe inflammation,
platelet aggregation, thrombosis formation or obvious intimal hyperplasia. The degradation rates were
matched to the artery healing process. Moreover, the pure zinc stent retained its mechanical integrity
for 6 months and degraded to 41.75 ± 29.72% of its original volume after 12 months of implantation.

4.2. Zinc Alloys

The biocompatibility of absorbable biomaterial components must be considered, given that all
elements of the metal alloy will eventually pass through the human body [10]. Table 3 summarizes
the pathophysiology and toxicology of zinc and the alloying elements used in current zinc alloys.
Table 4 lists the corrosion performance of different zinc alloys, including their in vitro and in vivo
corrosion rates. In Table 4, the Zn–0.5Al–0.5Mg–0.5Bi alloy exhibits the highest corrosion rate
(0.28 mm/year), which for standard implants is still far below the daily allowance of zinc (15 mg/day).
The tabulated data supports the notion that zinc release during the stent degradation process should
be considered safe to human systems, although toxicity at the local level will need to be examined on
a case-by-case basis.

In the ideal design of degradable biomaterials, elements with potential toxicological effects should
be avoided, and their use should be minimized if they cannot be excluded [10]. Since Mg, Ca, Cu, Mn
and Sr are essential for humans, these elements should be the first choices as alloying elements for
biomedical zinc alloys. Li et al. studied the in vitro and in vivo performance of Zn-1X binary alloys
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with the nutrient alloying elements, Mg, Ca and Sr [22]. The in vitro results for human morphologies
on the Zn–1X alloy surfaces, and generated pseudopods and extrace umbilical vein endothelial cells
ECV304 and Human osteosarcoma MG63 demonstrated healthy cell llular matrix secretions, compared
to an unhealthy morphology for cells cultured on pure Zn. When experimental Zn–1X pins were
implanted into mouse femurs, new bone formation in the absence of inflammation was observed
around the implantation site, in particular for the Zn–1Sr alloy. The corrosion rates of the Zn–1X pins
were 0.17, 0.19 and 0.22 mm/year for Zn–1Mg, Zn–1Ca and Zn–1Sr pins, respectively, which is far
below the daily allowance of zinc [22]. Even when adding higher amounts of Mg (3 wt %) to pure
zinc, to a concentration of 0.75 mg/mL (Zn: 0.49 ppm and Mg: 10.75 ppm), the Zn–3Mg alloy extract
exhibited acceptable cytotoxic effects on human osteoblasts. Results of the three main parameters of
cell–material interaction, which includes cell health, cell functionality, and inflammatory responses,
demonstrated acceptable cellular toxicity [19]. The addition of Mn to the Zn–Mg system increased
the susceptibility for galvanic micro-cell corrosion due to the higher electrode potential of Mn [50].
The Zn–xCu system exhibited a slightly increased corrosion rate with increasing Cu concentrations,
compared to pure Zn, but the increase was not significantly different among the Zn–xCu alloys. In vitro
testing demonstrated the cytocompatibilty of Zn–xCu alloys with human endothelial cells as well as
an antibacterial property when the Cu concentration was above 2 wt % [54]. The addition of 0.1–1%
Mg to the Zn–3Cu system increased the corrosion rate, as Mg was added [55].

The second choice of alloying element should be those that have been found to improve the
properties of magnesium alloys, including Li and Al. However, given the potential toxicity of Li and
Al, the addition of these two elements should be limited to low weight percent alloys. Moreover,
the degradation rate of zinc alloys containing these elements should match the tolerance or effective
dose range of these elements in the human body. Zhao et al. [25,56] investigated the effect of Li as a
zinc alloying element. They reported the overall quantities of lithium released from a zinc–lithium
implant (with 0.7 wt % of Li) at two orders of magnitude below the daily bodily consumption
allowances. The in vivo implantation of Zn–1Li demonstrated positive biocompatibility, with no
significant differences in serum zinc observed before, and 1–3 months after, implantation. According
to Bowen et al. [52], biodegradation of a Zn–Al stent, with a weight of ~50 mg and a 5 wt % Al
content—assuming bioabsorption of the entire stent in 2 years and a stable corrosion rate—would
result in a daily intake of ~0.003 mg of Al, substantially below the ~10 mg daily intake for an average
person. In their in vivo studies [20,52], Zn–Al (1, 3 and 5% Al) strips were implanted in the wall of the
abdominal aorta of adult Sprague–Dawley rats. The Zn–Al systems exhibited acceptable compatibility
with surrounding arterial tissue, as the histopathological analysis failed to identify necrotic tissue in
the samples examined, although indications of chronic and acute inflammation were both identified.
Moreover, the pattern of corrosion was modified through Al additions, with intergranular corrosion
observed in all Zn–Al alloys. Intergranular corrosion accelerates the oxidation of zinc to zinc oxide,
whose volume expansion produces implant cracking and fragmentation. The addition of 0.1–0.5 wt
% Mg to the Zn–Al system decreased the corrosion rate with increasing Mg content, after 720 h of
immersion in simulated body fluid (SBF) solution. The cytotoxicity results demonstrated acceptable
biocompatibility of the Zn–0.5Al–0.5Mg alloy, with superior antibacterial activity relative to the other
alloys [51].

Presently, the pathophysiology and toxicology of Ag and Bi remain unclear. Silver has been
used clinically for decades to treat burns and assist with wound healing, due to its antibacterial
properties, and has diverse medical applications [45,82,83]. Bi is generally considered less toxic
than other heavy metal elements, such as antimony, and purified bismuth metal has been used to
prepare a number of pharmaceutical products [53,83]. In two studies, the addition of Ag (2.5–7%)
to pure zinc matrix and the addition of Bi (0.1–0.5%) to ternary Zn–Al–Mg alloy slightly increased
the degradation rate. This is likely due to the increased galvanic coupling between the Zn and
AgZn3/Mg3Bi2 secondary phases [45,53]. In vitro cytotoxicity tests indicated a more toxic effect on
MC3T3-E1 cells for Zn–Al–Mg–Bi alloys, compared to the Zn–Al–Mg alloy [53].
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5. Mechanical Properties of Zinc Alloys

Implanted biomaterials, such as bone plates and stents, should be compatible with the mechanical
properties of the substituted tissue [10]. Table 5 compares the mechanical properties of zinc and current
zinc-based alloys to bone and arterial tissues. It is apparent that the mechanical properties of pure zinc
are insufficient for bone and arterial medical device applications, in particular compared to cortical
bone. The most effective way to address this issue is by adding alloying elements and/or through the
refinement of grain size by thermomechanical processing [9].

Zinc alloys exhibit a wide range of ultimate tensile strengths and elongations, from 87 to 399 MPa
and from 0.9% to ~170%, respectively. It can be seen from Table 5 that even minor alloying can
significantly improve mechanical properties; for example, adding 0.15% Mg to pure zinc improves
its ultimate tensile strength from 18 MPa to 250 MPa, and the elongation fraction from 0.32% to
22% [9,44]. Moreover, hot rolling and hot extrusion contribute to the strength and ductility of zinc
alloys [3,9,44,46]. For example: the yield strength (YS), ultimate tensile strength (UTS) and elongation
of as-cast Zn–1Mg–1Ca are 80 MPa, 130 MPa, and 1%, respectively. Meanwhile, the YS, UTS and
elongation properties of Zn-based ternary alloy samples are improved to 138 MPa, 197 MPa, and 8.5%
after hot rolling and 205 MPa, 250 MPa, and 5.2% after hot extrusion, respectively [44]. Therefore, it is
feasible to satisfy strength requirements for zinc alloys through conventional metallurgical approaches.

Table 5. Mechanical properties of bone and arterial tissues, compared with current biomedical
zinc alloys.

Tissue/Alloy

Mechanical Properties

ReferencesYield Strength
(YS) (MPa)

Ultimate
Tensile

Strength
(UTS) (MPa)

Elongation (%) Hardness (HV)

Cortical bone 104.9–114.3 35–283 5–23 - [10,11]
Cancellous bone - 1.5–38 - - [10,11]

Arterial wall - 0.5–1.72 - - [10,11]
Zn c 10 18 0.32 38 [44]

Zn *,c 35 60 3.5 - [44]
Zn **,c,d 30–110 50–140 5.8–36 39 [44,52]

Zn–Mg

Zn—0.15Mg * 114 250 22 52 [9]
Zn–0.5Mg * 159 297 13 65 [9]

Zn–1Mg/ZnMg1 180 340 6 75–86 [9,22,42,47]
Zn–1Mg *,f 175 250 12 - [46]
Zn–1.2Mg 116 130 1.4 93 [3]

Zn–1.2Mg * 220 362 21 96 [3]
Zn-1.5Mg 112 150 1.3 155 [36]

Zn–3Mg/ZnMg3 - 104 2.3 201 [48]
Zn–3Mg * 291 399 1 117 [9]

Zn–3Mg *** - 88 8.8 175 [48]
Zn–1.5Mg–0.1Ca 173 241 1.72 150 [36]
Zn–1Mg–0.5Ca - 150 1.34 116 [47]
Zn–1Mg–1Ca c 80 130 1 90 [44]

Zn–1Mg–1Ca *,c 205 250 5.2 - [44]
Zn–1Mg–1Ca **,c 138 197 8.5 105 [44]

Zn–1Mg–0.1Sr 109 133 1.4 94 [49]
Zn–1Mg–0.5Sr 129 144 1.1 109 [49]

Zn–1.5Mg–0.1Sr 130 209 2.0 145 [36]
Zn–1Mg–1Sr c 85 135 1.2 85 [44]

Zn–1Mg–1Sr *,c 200 250 7.3 - [44]
Zn–1Mg–1Sr **,c 140 200 9.7 90 [44]
Zn–1Mg–0.1Mn 114 132 98 1.11 [50]

Zn–1.5Mg–0.1Mn 115 122 149 0.77 [50]
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Table 5. Cont.

Tissue/Alloy

Mechanical Properties

ReferencesYield Strength
(YS) (MPa)

Ultimate
Tensile

Strength
(UTS) (MPa)

Elongation (%) Hardness (HV)

Zn–Ca

Zn–1Ca 119 165 2 73 [22]
Zn–1Ca–1Sr c 83 140 1.1 90 [44]

Zn–1Ca–1Sr *,c 210 260 6.8 - [44]
Zn–1Ca–1Sr **,c 145 203 8.6 85 [44]

Zn–Sr

Zn–1Sr 120 171 2 61 [22]

Zn–Al

Zn–0.5Al * 119 203 33 59 [9]
Zn–1Al * 134 223 24 73 [9]

Zn–1Al **,d 190 220 24 - [52]
Zn–3Al **,d 200 240 30 - [52]
Zn–5Al **,d 240 300 16 - [52]
ZnAl4Cu1 171 210 1 80 [42]
ZA0.1Mg - 87 1.6 79 [51]
ZA0.3Mg - 93 1.7 89 [51]

ZA0.5Mg/Zn–0.5Al–0.5Mg - 92–102 1.73–2.1 94 [51,53]
Zn–0.5Al–0.5Mg–0.1Bi - 102 2.4 102 [53]
Zn–0.5Al–0.5Mg–0.3Bi - 108 2.7 109 [53]
Zn–0.5Al–0.5Mg–0.5Bi - 98 1.97 99 [53]

ZA4–1 75 180 ~112 50 [31]
ZA4–3 110 200 ~130 55 [31]
ZA6–1 175 275 ~170 65 [31]

Zn–Cu

Zn–1Cu * 149 186 21 - [54]
Zn–2Cu * 199 240 46 - [54]
Zn–3Cu * 213 257 47 - [54,55]
Zn–4Cu * 227–250 270 51 - [37,54]

Zn–3Cu–0.1Mg *,b 340 355 5 - [55]
Zn–3Cu–0.5Mg *,b 390 400 2 - [55]
Zn–3Cu–1Mg *,b 427 441 0.9 - [55]

Zn–Ag

Zn–2.5Ag *,a 174 200 35 - [45]
Zn–5Ag *,a 236 250 36 - [45]
Zn–7Ag *,a 258 287 32 - [45]

Zn–Li

Zn–2Li **,e 240 360 14.2 98 [25]
Zn–4Li **,e 420 440 13.7 115 [25]
Zn–6Li **,e 470 560 2.2 136 [25]

Zn–1Li 238 274 17 97 [56]

* Hot extrusion; ** Hot rolling; *** Homogenisation; a Data gathered from figure in literature [45]; (Figure 8a); b Data
gathered from figure in literature [55] (Figure 5b); c Data gathered from figure in literature [44] (Figures 3 and 4);
d Data gathered from figure in literature [52] (Figure 7); e Data gathered from figure in literature [25] (Figure 7);
f Data gathered from figure in literature [46] (Figure 8).

6. Concluding Remarks and Perspectives

The previous several years have seen rapid growth in the research and development of zinc-based
medical devices, due to their biological and biodegradability properties that match the human body.
Zn is one of the most abundant essential elements in the human body, playing essential roles in human
health. Moreover, zinc overcomes the limitations inherent to iron and magnesium, both pure and
alloyed. This includes more suitable corrosion rates as well as easier casting and processing. In this
review, current research progress for zinc and zinc-based alloys has been presented and discussed.
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In the case of pure zinc, in vivo studies have demonstrated a great potential for use as biodegradable
stents. The degradation of pure zinc stents proceeded with excellent biocompatibility to local cells and
tissue and was aligned with the time course of arterial healing. Although the pure zinc stent poorly
retained its mechanical integrity during the healing phase, this can be overcome by using zinc alloys
with superior strength.

Despite the advantages, the use of pure Zn as a biodegradable metal is limited due to its
insufficient strength, plasticity and hardness for most medical applications. Adding alloying elements
and refining grain sizes via thermomechanical processing are commonly applied to modify the
mechanical properties of metallic materials. A number of zinc alloys have been developed with
nontoxic and biocompatible alloying elements that have achieved suitable mechanical properties to
serve as structure support for arteries or bone, with promising preliminary results in cell culture and
small animal models. For instance, Zn–Mg and Zn–Al at alloying concentrations of less than one
percent, have enhanced mechanical properties and achieved adequate strength and ductility, without
using excessive quantities of potentially toxic alloying elements. The mechanical properties of these
materials are generally enhanced considerably from the as-cast state, following extrusion to break
up embrittling intermetallics and to refine the grain size. Because each biomedical device (e.g., stent,
bone plate or screw, etc.) requires unique processing conditions that can dramatically change material
properties, it is crucial to evaluate candidate materials through these processing steps.

Looking ahead, researchers are required to translate the wealth of biomedical research data into
an understanding of how these materials will behave within test subjects. Hence, it will be important
to clarify the molecular mechanisms that stimulate beneficial cellular remodeling activities in response
to Zn2+ and the alloying element ions. Next generation zinc implants will need to have tailored
corrosion rates in order to optimize favorable cellular responses and minimize toxicity and negative
inflammatory reactions, specific to the host tissue.
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Abstract: Efforts to develop metallic zinc for biodegradable implants have significantly advanced
following an earlier focus on magnesium (Mg) and iron (Fe). Mg and Fe base alloys experience
an accelerated corrosion rate and harmful corrosion products, respectively. The corrosion rate
of pure Zn, however, may need to be modified from its reported ~20 μm/year penetration rate,
depending upon the intended application. The present study aimed at evaluating the possibility of
using Fe as a relatively cathodic biocompatible alloying element in zinc that can tune the implant
degradation rate via microgalvanic effects. The selected Zn–1.3wt %Fe alloy composition produced
by gravity casting was examined in vitro and in vivo. The in vitro examination included immersion
tests, potentiodynamic polarization and impedance spectroscopy, all in a simulated physiological
environment (phosphate-buffered saline, PBS) at 37 ◦C. For the in vivo study, two cylindrical disks
(seven millimeters diameter and two millimeters height) were implanted into the back midline of male
Wister rats. The rats were examined post implantation in terms of weight gain and hematological
characteristics, including red blood cell (RBC), hemoglobin (HGB) and white blood cell (WBC) levels.
Following retrieval, specimens were examined for corrosion rate measurements and histological
analysis of subcutaneous tissue in the implant vicinity. In vivo analysis demonstrated that the
Zn–1.3%Fe implant avoided harmful systemic effects. The in vivo and in vitro results indicate that
the Zn–1.3%Fe alloy corrosion rate is significantly increased compared to pure zinc. The relatively
increased degradation of Zn–1.3%Fe was mainly related to microgalvanic effects produced by a
secondary Zn11Fe phase.

Keywords: zinc; bioabsorbable; biodegradable; implants; encapsulation; in vivo

1. Introduction

The development of bioabsorbable metal implants has drawn major attention over the last
two decades. Early studies mainly focused on pure Fe and Mg and their alloys. Bioabsorbable
implants based on Fe exhibit good biocompatibility and excellent mechanical properties [1–5].
However, they suffer from a harmful mode of corrosion that produces a voluminous iron oxide
layer [6]. The steady accumulation of the iron oxide reduces the lumen cross section, compromises
the integrity of the arterial wall by repelling neighboring tissue and cells [7], and stimulates
inflammation [8]. Bioabsorbable implants based on Mg are attractive mainly due to their excellent
biocompatibility [8–20]. Unfortunately, Mg and its alloys exhibit an excessive corrosion rate associated
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with a potentially harmful release of hydrogen gas [15,18]. The challenges faced with both Fe and Mg
systems have motivated a search for new metallic materials, among them Zn and Zn-based alloys.

Early in vivo studies with pure zinc arterial implants have reported a promising
biocompatibility [21,22]. The biodegradation rate is near the projected ideal value for vascular
stents, and between that of Mg and Fe. In addition, Zn has important physiological roles, exerting
strong anti-atherogenic properties [23], participating in nucleic acid metabolism, signal transduction,
apoptosis regulation, and gene expression [24,25]. Zinc is not toxic to the human body at the low
levels expected to be released from a typical stent [26]. Our extensive preliminary observations have
confirmed the lack of overt toxicity at the interface between a zinc implant and biological tissue,
despite even 20 months residence time in the body [21,27–29]. However, at high levels zinc can cause
toxicity, manifested in poor growth and anemia [30,31]. To avoid negative responses, the corrosion
rate for zinc-based implants may need to be optimized for biodegradable application. Our previous
studies demonstrated that the corrosion rate of a Zn implant can be reduced in the first several weeks
after deployment into an arterial environment by manipulating the oxide film characteristics [32] or
adding a polymeric layer [33]. In addition, earlier research carried out by the authors [27] suggested
that the low degradation rate of arterial implants made from pure zinc can provoke a long-term
process of inflammation and fibrous encapsulation. Encapsulation can be considered as a major
factor contributing to implant failure, as it isolates the implant from the surrounding tissue and can
potentially cause a discontinuation of the biodegradation process [34,35]. This was supported by
Yue et al. [36] which indicated that too low degradation rate is a challenge for future application of Zn
base alloys as adequate biodegradable implant.

The need to improve the strength of Zn and Zn-based materials, manipulate their corrosion
rate and improve their biocompatibility motivated the search for new Zn-based alloys [37–51].
In order to obtain a higher corrosion rate without compromising biocompatibility, the alloying element
must be biocompatible and have the potential to increase the corrosion rate of the Zn-based alloy.
Since Fe is known as a biocompatible element and the intermetallic phases formed between Zn and
Fe all have higher electrochemical potential [52,53], it was considered a suitable alloying element.
The present study aimed at exploring the prospects of Zn–1.3wt %Fe (denoted as Zn–1.3%Fe) alloy as
a biodegradable implant material in terms of in vitro and in vivo behavior.

2. Experimental Procedure

Ingots of pure Zn and Zn–1.3%Fe alloy were produced by gravity casting in a rectangular steel die
having the following dimensions: 6 × 25 × 4.5 cm. Prior to the casting process, pure zinc bars (99.99%)
and pure iron (99%) powder (−325 mesh) in the desired amount were placed in a graphite crucible
and heated to 750 ◦C for 3 h in a furnace, with stirring every 30 min. All the test samples produced
from the cast ingot were machined from the central part of the ingot, producing surface roughness
type N5. The chemical compositions of the obtained ingots were determined using an Inductively
Coupled Plasma Optical Emission Spectrometer (ICP-SPECTRO, ARCOS FHS-12, Kelve, Germany)
method, with results shown in Table 1.

Table 1. Chemical composition of pure Zn and Zn–1.3%Fe alloy.

Material System Fe (wt %) Pb (wt %) Al (wt %) Cu (wt %) Cd (wt %)

Pure Zn 0.0054 0.0011 0.0026 0.0007 0.0017
Zn–1.3%Fe 1.31 0.0010 0.0079 0.0006 0.0017

Microstructure examination was carried out using scanning electron microscopy (SEM) with a
JEOL JSM-5600 (JEOL, Tokyo, Japan) equipped with an Energy-dispersive X-ray spectroscopy (EDS)
detector (Thermo Fisher Scientific, Waltham, MA, USA) for spot elemental analysis. Identification
of internal phases was conducted using an X-ray diffractometer RIGAKU-2100H (RIGAKU, Tokyo,
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Japan) with Cu-Kα. The diffraction parameter was 40 kV/30 mA and the scanning rate was 2◦/min.
Indication of mechanical properties was obtained by Vickers hardness measurements performed in a
Zwick/Roell Indentec of Quantarad Technologies, with an applied load of 3 kg. The tensile tests were
performed at room temperature using a universal material test machine (Hounsfield H25KT, Horsham,
PA, USA) at a rate of 0.5mm/min.

The in vitro corrosion behavior was examined by an immersion test for up to 20 days, according
to the ASTM G31-12a standard as well as by electrochemical characterization and stress corrosion
analysis. All the in vitro corrosion tests were carried out in phosphate-buffered saline (PBS) solution at
37 ◦C with pH levels of ~7.4. The selected corrosion medium and environmental conditions aimed at
simulating the natural physiological environment [54–56]. Monitoring of pH levels was conducted by
daily replacement of the PBS solution. The electrochemical characterization included potentiodynamic
polarization analysis and impedance spectroscopy (EIS) using a Bio-Logic SP-200 potentiostat equipped
with EC-Lab software V11.02. The three-electrode cell used for the electrochemical analysis included
a saturated calomel reference electrode (SCE), a platinum counter electrode, and the tested sample
as the working electrode, with an exposure area of 1cm2. The scanning rate of the potentiodynamic
polarization analysis was 1 mV/s; the EIS measurements were carried out between 10 kHz and 100 mHz
at 10 mV amplitude over the open circuit potential. Prior to electrochemical testing, the samples were
cleaned in an ultrasonic bath for 5 min, washed with alcohol, and dried in hot air.

The metals used for the in vivo assessment included pure zinc as the biodegradable reference
material, the Zn–1.3%Fe allow, and titanium alloy Ti–6Al–4V as a biostable reference material.
The implant geometry of cylindrical disks of 7 mm diameter and 2 mm height was obtained by
regular machining from cast Zn base ingots and wrought billet in the case of the titanium ally. Prior to
implantation, the disks were ultrasonically cleaned in ethanol for 5 min and then in acetone for 3 min
before final air drying.

All the animal experiments were approved by the Ben-Gurion University of the Negev (BGU)
Committee for the Ethical Care and Use of Laboratory Animals (BGU-IACUC). The experiments were
performed according to the Israel Animal Welfare law (1994) and the NRC Guide for the Care and Use
of Laboratory Animals (2011). BGU’s animal care and use program is approved by the Association for
the Assessment and Accreditation of Laboratory Animal Care International (AAALAC). The in vivo
experiments were carried out in the BGU rodent facility. Nine 250 g male Wistar rats (Envigo, Jerusalem,
Israel) were selected for the in vivo assessment. The rats were divided into 3 groups. The first group
(n = 3) was implanted with pure Zn disks, the second group (n = 3) with the Zn–1.3%Fe alloy, and the
third group (n = 3) with Ti–6Al–4V.

For implantation, the rats were anesthetized with an inhalation anesthesia machine using 3%
isoflurane (Terrel TM Piramal Critical Care, Inc., Bethlehem, PA, USA) in 500 mL/min 100% oxygen.
Two cylindrical disks were implanted aseptically subcutaneously in the midline of the back of the rats,
one between scapulas and another in mid-lumbar area. Post alloy implantation, the rats were placed
on a heating pad until they recovered form anesthesia and were able to ambulate. For postoperative
analgesia, rats received 100 mg/kg Dipyrone (Vitamed Pharmaceutical Industries LTD, Binyamina,
Israel) in the drinking water for 3 days. Rats were monitored daily for surgical wound appearance,
locomotion in the cage, grooming activity and general wellbeing for the first week. This was followed
by a weekly evaluation of body weight, attitude and incision appearance. Blood was collected from
the retro-orbital sinus under isoflurane anesthesia as described above. Whole blood (1 mL) was
collected in EDTA for a complete blood count for red blood cells (RBC), hemoglobin (HGB) and
white blood cells (WBC). Serum (1 mL) was collected for determination of Zn levels. Blood work was
analyzed on the day of implantation and at 4 and 8 weeks post-implantation. The blood biochemical
parameters in terms of RBC, HGB and WBC can indicate abnormal situations, such as a significant
increase in Zn content or infection. At 14 weeks the rats were euthanized with intraperitoneal
150 mg/kg Pentobarbital (CTS Chemical Industries Ltd., Hod Hasharon, Israel) for alloy and tissue
harvest. Tissue from each alloy location was placed in 10% formaldehyde for histology. Removal
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of corrosion products to calculate the corrosion rate was preformed according to ASTM G1 using
10%NH4Cl solution, which allowed for a calculation of the corrosion rate.

The statistical analysis was implemented using a one-way ANOVA to determine the significance
of paired comparisons. A p value < 0.05 was selected for statistical difference between means.

3. Results

The typical microstructure of pure zinc and Zn–1.3%Fe alloy are shown in cross-sectional view
(Figure 1), along with a spot chemical analysis at various points, shown in Table 2. A regular structure
without any second phase is present in pure zinc. The Zn–1.3%Fe alloy contained Zn matrix and an
Fe-rich phase that was dispersed homogenously across the bulk of the alloy. The Fe content within the
Fe-rich phase, as obtained by EDS analysis, was between 7 and 10 wt % corresponding with Fe content
in the Zn-delta phase composition [52].

 

Figure 1. Microstructure at cross-section of (a) Pure Zn. (b,c) Zn–1.3%Fe alloy, macro and close-up
view respectively.

Table 2. Chemical composition of Zn–1.3%Fe at different points shown in Figure 1b.

El Element (wt %) Tested Area Zn Fe

Point 1 90 ± 1 9.8 ± 0.3
Point 2 100 ± 1 0.13 ± 0.08

The X-ray diffraction analysis (Figure 2) revealed the presence of the two major phases: a pure
Zn and Fe rich phase. Additional precipitating phases in the Zn–1.3%Fe alloy appear to be Delta Zn
(ICDD 045-1184), with a possible contribution of Zeta Zn. This result is in accordance with the EDS
analysis of the Fe-rich phase.
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Figure 2. X-ray diffraction analysis of pure Zn and Zn–1.3%Fe alloy.

Hardness tests were conducted to begin evaluating the mechanical properties. The hardness of
pure Zn and Zn–1.3%Fe alloy were 40 ± 3 and 56 ± 2 HV (hardness Vickers), respectively. The increased
Zn–1.3%Fe alloy hardness is attributed to the additional Delta Zn phase.

The mechanical properties of pure Zn and Zn–1.3%Fe alloy in as-cast conditions are shown in
Figure 3. While the yield strength (YS) and ultimate tensile strength (UTS) of Zn–1.3%Fe alloy was
improved compared to pure Zn, the ductility was relatively reduced.

 

Figure 3. Mechanical properties of pure Zn and Zn–1.3%Fe.

Close-up views of the external surfaces of pure Zn and Zn–1.3%Fe alloy after immersion tests of
10 and 20 days are shown in Figure 4. While a general corrosion attack was observed in both samples,
it was significantly more intense in the Zn–1.3%Fe alloy for both exposure times. The corrosion attack
against pure Zn was relatively mild and did not cover the entire sample surface, the attack against
Zn–1.3%Fe alloy was more severe and covered the entire sample surface.
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The calculated corrosion rates for pure Zn and Zn–1.3%Fe alloy, as obtained by the immersion
tests, are shown in Figure 5. The corrosion rate of the Zn–1.3%Fe alloy was nearly twice that of pure
Zn after 10 and 20 days of exposure.

 

Figure 4. Optical microscopy showing corrosion attack at the surface of pure Zn and Zn–1.3%Fe alloy
after immersion tests in phosphate-buffered saline (PBS) solution at 37 ◦C. (a,b) pure Zn and Zn–1.3%Fe
alloy after 10 days of exposure. (c,d) pure Zn and Zn–1.3%Fe alloy after 20 days of exposure.

 

Figure 5. Corrosion rate measurements of pure Zn and Zn–1.3%Fe alloy after immersion tests in PBS
solution at 37 ◦C.

In order to further investigate the corrosion attack mechanism in Zn–1.3%Fe alloy, close-up cross
sectional views of the corroded area were inspected, as shown in Figure 6. The images revealed a
uniform corrosion attack at the external surface (Figure 6a). This phenomenon is in line with the basic
degradation requirements of biodegradable implants in terms of preserving their mechanical integrity
during the critical period after implantation and undergoing degradation without risk of premature
implant fracture during the mechanical scaffolding phase. At higher magnification (Figure 6b),
intact Zn11Fe particles are seen in the vicinity of corroded matrix. In accordance with our hypothesis,
the cathodic Zn11Fe particles (−0.87 Vsce vs. −1.03 Vsce for pure Zn [53]) acted as a cathodic phase
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to the Zn matrix, causing accelerated degradation by micro-galvanic effect. This mechanism can
explain the higher corrosion rate of the Zn–1.3%Fe alloy compared to pure Zn as quantified by the
immersion test.

 

Figure 6. Surface cross section showing corrosion attack of Zn–1.3%Fe alloy after 10 days of exposure:
(a) Macro view. (b) Close-up view.

The electrochemical analysis by potentiodynamic polarization is shown in Figure 7, and the
corresponding Tafel extrapolation measurements are listed in Table 3. The polarization curve of
the Zn–1.3%Fe alloy shifted to higher current densities compared to pure Zn, indicating a reduced
corrosion resistance. Tafel extrapolation obtained from the polarization curves support this observation,
identifying a corrosion rate of 0.013 millimeter per year (mm/y) for Zn–1.3%Fe compared to
0.010 mm/y for the pure Zn sample.

 

Figure 7. Potentiodynamic polarization curves obtained in PBS solution.

Table 3. Corrosion potential (Ecorr), corrosion current (Icorr) and corrosion rate (C.R.) obtained by Tafel
extrapolation from polarization curves shown in Figure 7.

C.R (mm/y) Icorr (μA/cm2) Ecorr (V) Parameter Specimen C.R (mm/y)

0.010 0.67 −1.02 Pure Zn 0.010
0.013 0.89 −1.04 Zn–1.3%Fe 0.013

164



Metals 2018, 8, 153

The impedance spectroscopy analysis in terms of impedance modifications after immersion times
of 1 and 48 h in PBS solution are shown by Nyquist plots in Figure 8 and Bode plots in Figure 9.
The relatively larger radius of curvature in the Nyquist diagram of the pure Zn sample indicates that
its corrosion resistance was significantly increased compared to the Zn–1.3%Fe sample. Bode diagrams
reveal that after one hour of exposure to the PBS solution, the corrosion resistance of both samples
are nearly the same (around 10,000 Ohm), while after 48 h of exposure the corrosion resistance of
the Zn–1.3%Fe sample decreased from about 8130 Ohm to 4365 Ohm. The results obtained by the
potentiodynamic polarization and impedance spectroscopy analysis are in accordance with the results
from the immersion tests.

 

Figure 8. Nyquist plots obtained after immersion in PBS solution for up to 48 h.

 

Figure 9. Bode plots obtained after immersion in PBS solution for up to 48 h.

The in vivo evaluation demonstrated a normal weight gain for all the rats irrespective of implant
type Zn, Figure 10. Post-implantation behavior, cage locomotion and surgical wound appearance were
all normal, with no signs of compromised health.

Zinc serum levels and blood biochemical parameters (RBC, HGB and WBC) examined before and
after implantation are shown in Figures 11–14. The Zn content was slightly increased in the case of
pure Zn and Zn–1.3%Fe implantations compared to titanium, as expected, but in all cases was within
the normal range of 168–190 [μg/dL] [57]. Furthermore, none of the implanted samples exerted a
negative effect on the hematological profiles of the rats, as all of the measurements were within the
normal range [58]: RBC 7.62–9.99 [106/μL], HGB 13.6–17.4 [g/dL], WBC 1.98–11.06 [103/μL].

The corrosion rate of pure Zn and Zn–1.3%Fe implants at 14 weeks post implantation are shown
in Figure 15. The corrosion rate of Zn–1.3%Fe was significantly increased relative to pure Zn.
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Figure 10. Rat body weights pre- and post-implantation.

 

Figure 11. Serum Zinc level pre- and post-implantation.

 

Figure 12. Red blood cells (RBC) level pre- and post-implantation.
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Figure 13. Hemoglobin (HGB) level pre- and post-implantation.

 

Figure 14. White blood cells (WBC) level pre- and post-implantation.

 

Figure 15. Corrosion rate of pure Zn and Zn–1.3%Fe implants after 14 weeks of implantation.

Histology analyses of the subcutaneous tissue around the tested implants (pure Zn, Zn–1.3%Fe
and Ti–6Al–4V as reference alloy) at 14 weeks post-implantation are shown in Figure 16. None of
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the zinc-bearing implants promoted a negative effect on the live tissue or provoked an inflammatory
response compared to the reference Ti alloy.

 

B

*

**

A 

C

Figure 16. Histological analysis of subcutaneous tissue in the vicinity of the implants. (A) Pure Zn;
(B) Zn–1.3%Fe; (C) Ti–6Al–4V. * marks the implants location.

4. Discussion

Biodegradable implants that strongly resist corrosion in physiological environments may elicit
negative inflammatory responses, as macrophages increase their activity to metabolize foreign
material [27]. Indeed, earlier in vivo work with zinc vascular implants demonstrated that the
corrosion rate may be a critical regulator of inflammation [27]. In this work, we were surprised
to find that the highest purity zinc implant (~0.01 wt % impurities) produced the strongest negative
inflammatory response, and introductions of mainly iron impurities of ~0.3 wt % into the implant
substantially ameliorated the inflammatory response. This discovery raised the intriguing prospect
that inflammatory responses to zinc implants could be controlled by the implant’s corrosion behavior.
In the present proof of concept work, we intended to develop a zinc alloy system that imparts
tunable corrosion rates (by adjusting alloying element concentration) in order to regulate inflammatory
responses. Herein, we have developed such an implant material as well as characterized the effects
of alloying on material properties. The ultimate goal, not pursued in the present study, is to
identify an optimal corrosion rate for avoiding harmful inflammation when deploying zinc based
medical implants.

Several methods can be used to increase the corrosion rate of pure zinc. These methods
include surface film modification, coatings, microstructure manipulation via thermal and mechanical
processing, and alloying. The intent of the present study was to use the biocompatible alloying element
Fe to produce micro-galvanic effects to increase the corrosion rate of pure zinc. This approach was also
adopted by other researchers, for instance in Zn–Cu base systems such as Zn–Cu, by Niu et al. [40],
Zn–Cu–Mg by Tang et al. [44] and Zn–3Cu by Yue et al. [36]. The use of Cu as an alloying
element to produce a micro-galvanic effect was justified by the higher standard potential of Cu
(0.337 V compared to –0.763 V for Zinc) as well as the micro-galvanic effects generated by a secondary
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phase CuZn5. The potential to achieve a micro-galvanic effect in the present study is based on the
elevated electrochemical potential of all Zn–Fe precipitate phases relative to pure zinc. The potentials of
Zn–Fe phases as identified by Lee et al. [53] are as follows (vs. SCE): Delta phase −0.822 V, Zeta phase
−0.940 V, Gamma phase −0.772 V, while pure zinc is −1.03 V.

In-vitro examination of the gravity cast Zn–1.3%Fe alloy demonstrated a nearly 100% increase
in corrosion rate compared to pure zinc. This was supported by the electrochemical analysis in
terms of potentiodynamic polarization and impedance examination as well as the in vivo corrosion
rate measurements at 14 weeks post implantation. The mechanical properties of pure zinc in as
cast conditions obtained by this study are in line with the reported results of Gong et al. [37],
and Li et al. [39]. The increased strength of Zn–1.3%Fe with concomitant reduction in ductility is
attributed to the effect of Fe as an alloying element. Nevertheless, the strength and ductility of
Zn–1.3%Fe alloy in the as cast condition are still relatively low. In order to improve these properties,
additional metal forming processing, such as hot extrusion [59], are required to obtain an adequate
structural material for practical degradable implant applications.

The in vivo study demonstrated that the pure Zn and Zn–1.3%Fe alloy avoided negative systemic
effects on the wellbeing behavior and normal growth of the rats during the 12 weeks of implantation.
Furthermore, the implantation of these two materials did not increase the amount of zinc in blood
beyond the acceptable level. This was supported by the absence of anemia in terms of RBC and
HGB levels. In addition, there were no signs of infection following implantation of either Zn base
system, as there was no increase in the amount of white blood cells (WBC). This was confirmed by
the histology analyses of subcutaneous tissue in the vicinity of the tested Zn base implants. Although
not performed directly at the implant-tissue interface, the histology shows a general absence of
harmful effects at 14 weeks post implantation from the implant or corrosion activity. The corrosion
rate of pure Zn and Zn–1.3%Fe alloy under in vivo conditions was relatively reduced compared to
their corrosion rate under in vitro conditions. This result is in accordance with the observations
of Torne et al. [56], and Witte et al. [60] who have reported that the aggressiveness of the in vivo
physiological environment towards the biodegradable metal implants is relatively lower compared to
the in vitro submersion of metals under PBS solution. Further contributing to the disparity, the two
cylindrical disks implanted in the midline of the back of the rats were exposed to a relatively low blood
flow that practically generates a relatively reduced corrosion attack compared to the in vitro conditions.

Together, the results of the present study indicate that Zn–1.3%Fe alloy can significantly increase
the corrosion rate of pure Zn. Consequently, this alloy can overcome the inherent low degradation rate
of pure Zn and can be considered as a potential structural material candidate for biodegradable Zn
base implants.

5. Conclusions

Alloying of Zn with Fe at a concentration of 1.3 wt % nearly doubled the corrosion rate in in vitro
and in vivo conditions. The relatively higher corrosion of Zn–1.3%Fe is attributed to the microgalvanic
effect generated mainly by the formation of Delta phase (Zn11Fe). The absence of undesirable systemic
effects, including weight growth, wellbeing activities and hematological characteristics (RBC, HGB
and WBC) of the rats during 14 weeks of implantation, as well as obtaining adequate histology results
in subcutaneous tissue close to the tested implants suggests that the Zn–1.3%Fe alloy can be considered
as a potential material for biodegradable implants.
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Abstract: The use of zinc-based materials as biodegradable materials for medical purposes is offered
as a possible alternative to corrosion-less resistant magnesium-based materials. Zinc powders with
two different particle sizes (7.5 μm and 150 μm) were processed by the methods of powder metallurgy:
cold pressing, cold pressing followed by sintering and hot pressing. The microstructure of prepared
materials was evaluated in terms of light optical microscopy, and the mechanical properties were
analyzed with Vickers microhardness testing and three-point bend testing. Fractographic analysis
of broken samples was performed with scanning electron microscopy. Particle size was shown to
have a significant effect on compacts mechanical properties. The deformability of 7.5 μm particle
size powder was improved by increased temperature during the processing, while in the case of
larger powder, no significant influence of temperature was observed. Bending properties of prepared
materials were positively influenced by elevated temperature during processing and correspond to
the increasing compacting pressures. Better properties were achieved for pure zinc prepared from
150 μm particle size powder compared to materials prepared from 7.5 μm particle size powder.

Keywords: powder metallurgy; zinc; cold pressing; sintering; hot pressing; mechanical properties

1. Introduction

In the field of biodegradable metal materials, magnesium and its alloys are the most studied [1–6].
Due to their suitable mechanical properties such as high specific strength, stiffness and damping
ability, they are suitable materials for the preparation of bone implants [1–7]. Because of its low
corrosion resistance and therefore difficult degradation control, magnesium is not used in its pure
state, but alloyed. Commercial magnesium alloys are not primarily designed for medical applications,
but some studies on the biomedical purpose of these alloys were done before, showing good corrosion
behavior and biocompatibility [8,9]. For medical purposes, magnesium alloys with calcium, zinc, rare
earth elements or manganese are being considered [10–13]. Due to the low density of calcium, these
alloys have a similar density as a natural bone. In addition, Ca2+ ions are beneficial for human bones,
and Mg2+ ions support the function of Ca2+ ions and generally the treatment of injury [11,14,15].

Zinc has been considered, in the field of biomedical applications, a suitable alloying element
for magnesium alloys in terms of improving corrosion resistance and enhancement of mechanical
properties [10,16,17]. Considering zinc is a nobler metal than magnesium and zinc is also biocompatible,
it can be a suitable biodegradable material [16–18]. Zinc is a nutritionally-essential element in the
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human body; approximately 85% of Zn in the human body can be found in bone and muscle. It is an
integral part of the structure of macromolecules and enzymes, and it participates in a large number
of enzymatic reactions. The human zinc requirement for adult males is 10–15 mg/day (upper limit
40 mg/day) [19,20]. The potential for systemic toxicity of metallic zinc should be nonexistent due to
the rapid transport of ionic zinc in living tissue. Moreover, higher consumption (up to 100 mg/day)
of zinc is considered non-toxic. However, more detailed cytotoxicity tests must be carried out in the
future [15,21–23].

Based on its positive effect on the human body, zinc can be considered a suitable base material for
the preparation of biodegradable materials. There are only a few works dealing with the use of zinc
alloys for biomedical applications. In the case of pure zinc, there is just one article [22] dealing with
the applicability of zinc as a bioabsorbable cardiac stent material, according to the author’s knowledge.
The authors in [22] demonstrated the biocorrosion behavior of zinc by a series of four wire samples
implanted in the abdominal aorta of Sprague-Dawley rat for 1.5, 3, 4.5 and 6 months. Results show
that zinc corrosion is slower than the corrosion of magnesium and its alloys [24,25]. Zinc implants stay
almost intact for approximately four months, and then, corrosion subsequently accelerates. Corrosion
products of zinc are formed from zinc oxide and zinc carbonate. Due to the slow corrosion of zinc,
there is sufficient time to exclude hydrogen resulting from the corrosion process. That is both the
main difference and an advantage over magnesium [21]. However, no mechanical tests results were
provided in this work.

Generally, the mechanical properties of zinc are relatively low. The modulus of compressive
elasticity of commercially pure zinc is not listed as an exact value because there is no region of strict
proportionality in the compressive stress-strain curve. Therefore, this value was determined in the
range from 70–140 GPa [25]. The Vickers hardness of this material is 30 HV. The tensile strength
of wrought pure zinc is in the range of 120–150 MPa, depending on the direction of rolling [26].
The tensile strength of cast pure zinc is very low with the value approximately 25 MPa [17]. Another
article dealing with mechanical properties of zinc showed that applying hot extrusion (300 ◦C, extrusion
ratio 10:1, 2 mm/min) can enhance the ultimate tensile strength to a value of approximately 100 MPa
and a Vickers hardness to 44 HV5 [27] and, in [28], to approximately 110 MPa for hot extruded pure zinc
material (250 ◦C, 14:1). Due to the poor mechanical properties, alloying of zinc is a suitable solution.
As alloying elements, mostly magnesium [17,27,29], aluminum [30,31] and silver [28] were studied.

Alloying zinc with aluminum provides substantial enhancement of the mechanical properties.
That is due to the presence of Al-Zn solid solution and the volume fraction of the lamellar
microconstituents from the monotectoid reaction acting as potential barriers for dislocation motion.
With an addition of 5.5 wt % of aluminum, the tensile strength of material prepared by hot rolling
at 350 ◦C reaches the value of approximately 308 MPa and a yield strength of approximately
240 MPa [30]. However, the use of Zn-Al alloys in medicine is still limited, because of the uncertainty
regarding the toxicity of aluminum. Although, the toxicity of aluminum has never been sufficiently
proven [30], its connection to neurological disorders is still discussed in the literature [32]. Furthermore,
the corrosion resistance of Zn-Al alloys tended to be lower compared to high purity zinc due to the
intergranular corrosion. Moreover, volume expansion associated with the formation of corrosion
products led to cracking and fragmentation of implants [30]. Another alloying element with positive
influence on mechanical properties and preserving biocompatibility is silver. With the addition of
7.0 wt % of Ag, the ultimate tensile strength of the cast zinc alloy increased up to 287 MPa [28].
Moreover, silver has been used in medicine for healing wounds, and it is used, in the form of
nanoparticles, for the prevention of the adherence of bacteria to the surface of implants [33]. However,
the presence of secondary phase particles in the Zn-Ag alloys led to micro-galvanic corrosion because
they act as anodes. Consequently, Zn-Ag alloys have higher degradation rates in comparison with
pure Zn [28].

Probably the most discussed alloying element of zinc-based biodegradable materials is
magnesium. Because of the existence of the hard Mg2Zn11 intermetallic phase in the alloy structure,
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the value of the hardness increases with a higher content of magnesium up to the value of 200 HV (cast
alloy, 3 wt % of magnesium). With higher magnesium content (35–45 wt % of magnesium), the hardness
of the cast alloys can reach values of approximately 285–300 HV1 for 35 wt % of magnesium (depending
on the cast product cooling rate and subsequent microstructure). The hardness increases because of
the presence of another strengthening phase in the alloy microstructure (MgZn2). With the higher
content of magnesium in the alloy, the content of the MgZn2 phase decreases and the content of the
MgZn and Mg7Zn3 phases increases. The hardness falls again due to decreasing content of MgZn2 to
255–280 HV1 for the alloy with 45 wt % of magnesium (depending on the cast product cooling rate and
subsequent microstructure) [29]. However, the existence of brittle eutectic phases in alloys with the
content of magnesium higher than 1 wt % has a negative effect on ultimate tensile strength. Ultimate
tensile strength increases up to 150 MPa (1 wt % of Mg) and then decreases to the value of 30 MPa
(3 wt % of Mg). That is the same value as for pure zinc prepared by the same method. Furthermore,
elongation of Zn-Mg alloys reaches the highest value for the alloy with 1 wt % of magnesium [17].
Another article deals with an enhancement of mechanical properties with hot extrusion processing.
Hot extruded alloy with 0.8 wt % of magnesium reaches the ultimate tensile strength of approximately
300 MPa and a Vickers hardness of approximately 80 HV5. With the content of 1.6 wt % of magnesium,
hot extruded materials reach the ultimate tensile strength of approximately 360 MPa and a Vickers
hardness of approximately 97 HV5 [27].

Most of the available articles deal with the influence of alloying elements and their content on
the mechanical properties and corrosion resistance of zinc-based materials prepared by casting or
mechanical treatment of cast products. The influence of the preparation method and its parameters on
mechanical properties is studied only marginally [17,27–30].

This work deals with three different methods of preparation of zinc materials by powder
metallurgy: cold pressing, cold pressing followed by sintering and hot pressing. According to the
author’s knowledge, there is no available publication related to the preparation of pure zinc by these
methods. Besides the influence of the preparation method, this work also focuses on the influence of the
particle size of the used powder materials on the resulting microstructure and mechanical properties.

2. Materials and Methods

For the experiment, two different zinc powders (99.8% purity, 7.5 μm and 150 μm mean particle
size provided by Goodfellow Cambridge Limited Company (Huntingdon, UK) were used. The smaller,
7.5 μm particle size powder (Zn7.5) was prepared by the electrothermal process, and the larger, 150 μm
particle size powder (Zn150) was prepared by air atomization. In order to prevent material oxidation,
manipulation with Zn powder was carried out in an inert atmosphere (N2) in the glove box. The size
and shape of metal powder particles were verified and analyzed by a Zeiss Evo LS 10 scanning electron
microscope (SEM; Carl Zeiss Ltd., Cambridge, UK).

The particles of Zn powder with the declared particle size of 7.5 μm had spherical shapes, and their
size ranged from 1 μm to a maximum value of 20 μm (Figure 1a). The particles tended to clump. The
smaller particles attached to the larger ones and created clusters. The particles of zinc powder with a
declared particle size of 150 μm were irregularly rod-shaped with a minor amount of round-shaped
particles (Figure 1b). The SEM analysis of the powder showed that some particles in their largest
dimension reached a size from 40–640 μm.

The purity of powders declared by the supplier was verified by EDS analysis. The larger content
of oxygen, approximately 8.0 ± 0.5 wt %, was determined in Zn7.5 powder when compared to Zn150
powder, containing only 2.5 ± 0.5 wt %.

Experimental samples were processed in three ways: (i) By bidirectional cold pressing (CP),
(ii) cold pressing followed by sintering (CP-S) and (iii) hot pressing (HP). A hollow cylindrical steel
die with the inner diameter of 20 mm was used for zinc powders’ compaction. Before it was filled
with zinc, the die surface was carburized in order to prevent adhesion of the base powder material to
the surface of the die. The pressing of the powders was carried out by the Zwick Z250 Allround-Line
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universal testing machine (Zwick GmbH & Co.KG, Ulm, Germany) with a velocity of 2 mm/min.
Pressures of 100, 200, 300, 400 and 500 MPa were used for prepared powders’ compaction.

(a) (b) 

Figure 1. Zn particles, SEM (scanning electron microscope): (a) Mean particle size 7.5 μm; (b) mean
particle size 150 μm.

For sintering, cold-pressed samples pressed under 100, 200, 300, 400 and 500 MPa were used.
Cold-pressed samples were inserted into glass vials and then filled with argon of purity 4.6 and sealed.
The sintering of pressed powder was done for 1 h at a temperature of 400 ◦C in the laboratory furnace
preheated to the required temperature.

Hot pressing was carried out for 1 h at a temperature of 400 ◦C under 100, 200, 300, 400 and
500 MPa. Prepared bulk materials were in the form of cylindrical tablets with a diameter of 20 mm
and a height of 5 mm.

Metallographic evaluation of prepared samples was performed in a conventional manner.
Isopropanol was used as a lubricant and a rinse to prevent oxidation of the samples during grinding and
polishing. For metallographic evaluation, the Zeiss Axio Z1M (Carl Zeiss AG, Oberkochen, Germany)
inverted light optical microscope (OM) and Zeiss Evo LS 10 (Oxford Instruments, Abington, UK) were
used. The microhardness of prepared samples was measured with the LM 248 at machine produced
by LECO Company (Saint Joseph, MO, USA). The measurement was carried out in accordance with
the ISO 6507-1 standard (Vickers method, applied load 25 g) on 10 positions on the sample.

The 3-point bend test was carried out on the Zwick Z020 (Zwick GmbH & Co.KG, Ulm, Germany)
universal testing machine according to the ISO 7438 standard. One sample for each preparation
condition was used for the 3-point bend test. Samples for testing were detracted from the central part
of prepared tablets and ground up to 4 mm × 4 mm × 18 mm proportions with the support span of
16 mm. Fractographic evaluation of the fracture surfaces of broken samples was performed by SEM.
Documentation was carried out in the area of applied tensile stress.

3. Results

3.1. Processed Material Analysis

Microstructures of materials prepared from Zn7.5 applying minimal and maximal (100 and
500 MPa) compacting pressures are summarized in Figure 2. The results showed the low deformation
ability of the Zn7.5 powder particles and an open porosity of materials prepared under the low
compacting pressure of 100 MPa. The porosity of the samples compacted under 100 MPa decreased
with applying temperature. While in the case of CP, quite a high level of porosity was observed, in the
case of the CP-S sample, the porosity level decreased, and only very limited porosity was observed
for the HP Zn7.5 powder sample. Low compacting pressure resulted also in low handling strength
of samples, and falling off of individual particles during the metallographic sample preparation was
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observed (marked by arrows). The HP Zn7.5 powder sample microstructural analysis revealed small
particle deformation during the bulk material processing, which was not observed in the case of CP
and CP-S samples compacted under 100 MPa.

The microstructure of materials pressed under 500 MPa shows much lower porosity than samples
pressed under 100 MPa, considering the same processing conditions (Figure 2). Only small particles’
deformation can be seen in the case of the CP sample compacted under 500 MPa (Figure 2b); however,
by the addition of temperature (CP-S and HP), the particles’ deformation increased (Figure 2e,f).

(a) (b) 

(c) (d)

(e) (f)

Figure 2. Microstructure of materials prepared from Zn7.5 powder, etched with 5% Nital, optical
microscope (OM): (a) 100 MPa, CP; (b) 500 MPa, CP; (c) 100 MPa, CP-S; (d) 500 MPa, CP-S; (e) 100 MPa,
HP; (f) 500 MPa, HP (CP: Cold pressing; S: Sintering; HP: Hot pressing).

The microstructure of materials prepared from Zn150 powder under 100 and 500 MPa compacting
pressures is shown in Figure 3. In the case of material compacted under a pressure of 100 MPa, closed
pores can be seen between the powder particles in the microstructure (Figure 3a). Even larger porosity
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can be seen in the CP-S sample’s microstructure (Figure 3c), while the porosity is not visible in the
case of the HP sample (Figure 3e). Compacting pressure of 500 MPa resulted in a microstructure
without defects for all used processing methods of Zn150 powder-based materials (Figure 3). Zn150
powder particles’ deformation was observed for all the material processing methods and all the used
compacting pressures. Particles deformation increased with the addition of temperature, i.e., larger
particles’ deformation was observed for material processed by CP-S and even larger for material
processed by HP when compared to CP material. Larger particle deformation was observed for
samples prepared under 500 MPa compared to samples prepared under 100 MPa.

(a) (b) 

(c) (d)

(e) (f)

Figure 3. Microstructure of materials prepared from Zn150 powder, etched with 5% Nital, OM: (a) 100 MPa,
CP; (b) 500 MPa, CP; (c) 100 MPa, CP-S; (d) 500 MPa, CP-S; (e) 100 MPa, HP; (f) 500 MPa, HP.
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The values of microhardness of prepared materials were in the range from 40–49 HV025 for Zn7.5
powder and from 40–45 HV025 for Zn150 powder. No significant dependence on compacting pressure
or processing method was found.

3.2. 3-Point Bend Test

The plots representing the evolution of the flexural strength and the maximal displacement before
the failure are shown in Figure 4. In some cases, no data are plotted due to the low handling strength
of prepared samples or very low obtained values (impossible to determine).

In the case of materials prepared from Zn7.5 powder, there is a clear increasing dependence of
flexural strength on the applied compacting pressure. The same tendency of materials prepared from
Zn150 powder processed by CP and CP-S can be observed. The different behavior appears only in
the case of Zn150 powder HP material where the value of the flexural strength of material processed
under 100 and 200 MPa is around 200 MPa, and then, the value decreased to approximately 150 MPa
for compacting pressures of 300 and 400 MPa. Material pressed under 500 MPa reaches the value of
about 200 MPa again. Generally, CP and CP-S materials prepared from Zn150 powder have higher
flexural strength values than materials from Zn7.5 powder prepared with the same method at the
same compacting pressures. In the case of materials prepared under compacting pressure of 500 MPa
from Zn7.5 powder, the flexural strength increases from 20 MPa for CP to 76 MPa for CP-S material.
The flexural strength of materials prepared from Zn150 powder under the same condition increases
from 88 MPa for CP to 148 MPa for CP-S material.

The values of the flexural strength of materials prepared by HP are substantially higher when
compared to the CP-S and CP materials, especially in the case of materials prepared from Zn7.5
powder. The highest value of flexural strength (322 MPa) is reached with material prepared by HP
under compacting pressure of 400 MPa. While in the case of material from Zn7.5 powder, a significant
increase of flexural strength is observed for all the applied compacting pressures due to the HP
processing (Figure 4a), in the case of Zn150 powder material, no such significant increase of flexural
strength is observed, and in the case of compacting pressure of 400 MPa, the values of flexural strength
for CP-S and HP material are similar (Figure 4b).

(a) (b) 

(c) (d) 

Figure 4. Dependence of flexural strength and displacement on compacting pressure and processing
of prepared materials: (a) Flexural strength, Zn7.5 powder; (b) Flexural strength, Zn150 powder;
(c) Displacement, Zn7.5 powder; (d) Displacement, Zn150 powder.
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The displacement before the failure of Zn7.5 powder materials prepared by CP and by CP-S is
very low (from 0.04–0.10 mm for 500 MPa compacting pressure) (Figure 4c). However, in the case of
HP Zn7.5 powder materials, the displacement before the failure lies in the range from 0.11 mm for the
lowest compacting pressure up to 0.92 mm for the pressure of 500 MPa.

The results of maximal displacement before the failure of materials prepared from Zn150 powder
(Figure 4d) are relatively steady around the value of 0.2 mm for CP and CP-S materials and around
0.4 mm for HP materials. In the case of HP Zn150 powder material, the values of displacement before
failure decrease from 0.49 mm to 0.29 mm for materials compacted under 200 MPa and 400 MPa,
respectively (equivalent to the change of flexural strength) and then again increases for material
pressed under 500 MPa (Figure 4d).

3.3. Fractographic Analysis

The samples broken during the three-point bend testing were examined with the aim to analyze
the fracture mechanism and its correlation with the samples’ processing in terms of SEM. Details
of fracture surfaces of materials prepared from Zn7.5 powder are shown in Figure 5. Only samples
prepared under the lowest and the highest compacting pressures (as possible) with adequate processing
were analyzed. The fracture surface of CP material is characterized by crack growth along powder
particle boundaries, which is also the case for the material compacted under 200 MPa and sintered
at 400 ◦C (Figure 5a–c). The fracture mechanism can be considered as transgranular. There is visible
porosity between individual powder particles in the case of CP materials and CP-S materials compacted
under 200 MPa. The fracture surface of material pressed under 500 MPa and then sintered shows
lower porosity compared to the previous material states. In addition, crack growth through particle
boundaries is accompanied by powder particle cracking (Figure 5d). The combination of transgranular
with more pronounced intergranular fracture is characteristic for HP materials. Broken powder
particles are characterized by plane facet or by fine non-well developed cleavage facets with a river-like
morphology. HP resulted also in the decrease of a number of pores present on the samples’ fracture
surface, while no visible pores are present on the fracture surface of HP material compacted under
500 MPa (Figure 5f) (showing also the detail of the fracture mechanism).

(a) (b) 

(c) (d)

Figure 5. Cont.
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(e) (f)

Figure 5. Microstructure of materials prepared from Zn7.5 powder, SEM: (a) 400 MPa, CP; (b) 500 MPa,
CP; (c) 200 MPa, CP-S; (d) 500 MPa, CP-S; (e) 100 MPa, HP; (f) 500 MPa, HP.

In Figure 6, a summary of the details of the fracture surfaces of materials prepared from Zn150
powder is shown. Compared with materials prepared from Zn7.5 powder, in the case of Zn150 powder
materials, there is a visibly higher influence of compacting pressure on particles’ deformation and
porosity. In the case of CP materials, the particles are deformed and mechanically bonded (Figure 6a,b).
Three-point bend test loading led to particles being pulled out of the structure, while holes remaining
on the fracture surface can be seen instead of missing particles in Figure 6a. Similarly to the Zn7.5
powder materials, the transgranular fracture mechanism is characteristic for CP and CP-S samples
compacted under 200 MPa (Figure 6a–c). The combination of transgranular with intergranular fracture
is characteristic for CP-S compacted under 500 MPa and HP materials (Figure 6d–f). Well-developed
cleavage facets with the river-like morphology can be observed on fracture surfaces (broken powder
particles) of HP materials (Figure 6e,f), showing also the detail of the fracture mechanism in Figure 6f.

(a) (b) 

(c) (d)

Figure 6. Cont.
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(e) (f)

Figure 6. Microstructure of materials prepared from Zn150 powder, SEM: (a) 200 MPa, CP; (b) 500 MPa,
CP; (c) 100 MPa, CP-S; (d) 500 MPa, CP-S; (e) 100 MPa, HP; (f) 500 MPa, HP.

4. Discussion

Microstructural analysis of materials prepared from Zn7.5 powder (Figure 2) revealed lower
deformability of powder particles when compared to Zn150 powder particles (Figure 3). The considerably
lower particle size and spherical shape of Zn7.5 powder may be the reason for this behavior.

Even though the mechanical properties of pure zinc powder particles are comparable, the size
of the particles plays a similar role as in the case of grain size. The larger size of the particles was
connected with their higher deformability during the processing, and the lower particle size resulted
in grain boundaries’ (particles boundaries) strengthening of material. The strengthening of material
was also connected with lower deformability of the material.

The deformability of individual powder particles influenced the material properties and content
of porosity. Although the zinc particles were not significantly deformed in some of the cases (mostly
Zn7.5, Figure 2), the porosity of all the prepared materials decreased with increasing compacting
pressure and even decreased with the application of temperature during the material processing (CP-S
and HP). This fact can be attributed to a wide distribution of powder particle size, when the space
between large particles was filled up with the smaller ones. However, the porosity of materials from
Zn7.5 powder was substantially higher than in the case of material prepared from Zn150 powder,
which can be also observed from the fractographic evaluation of broken samples (Figures 5 and 6).
This can be explained by the larger range of the powder particle size measured for Zn150 powder (up
to 640 μm) compared to Zn7.5 powder (up to 20 μm) and the adequate arrangement of the particles
with different size in the compacted sample volume.

CP-S processing of Zn7.5 powder materials did not influence the material microstructure with
as much intensity as the increasing compression pressure did. Only the minor effect of the following
sintering of CP materials was observed by metallographic analysis (Figure 2). In the case of Zn150
powder materials, the following sintering of CP samples led to the increase of the porosity of materials
prepared at low pressures (Figure 3c). Due to the high sintering temperature of 400 ◦C and high
material porosity (of CP samples), the powder particles reduced the surface energy and changed their
shape from irregular rod-shaped to spherical during sintering. At the same time, no dimensional
changes of prepared samples were observed, which would generally correspond if a solid-state
diffusion was the primary sintering mechanism [34]. The shape changes of particles and no shrinkage
could lead to pores growing between the particles.

The effect of HP processing is more evident on the Zn7.5 powder-based materials when
compared to the Zn150 powder materials. Elevated temperature during the material processing
resulted in improved plasticity and enhanced deformability of fine powder particles (Zn7.5 powder).
The particles’ deformation is observable on materials’ microstructures documented in Figure 2e,f.
Elevated temperature applied during material processing resulted in activation of more slip systems
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in the hexagonal close packed (HCP) structure (also characteristic for zinc) [34]. In the case of Zn150
powder materials, the elevated temperature of the processing had no evident influence on material
microstructure. In the case of smaller powder particles, the improved deformability of the material
due to the activation of more slip systems was much more significant compared to the larger powder
particles, which were deformable even at room temperature. Quite good deformability of large powder
particles was not significantly improved and remained the same as in the case of CP and CP-S materials
from the microstructural point of view, Figure 3.

There is only a small number of articles dealing with evaluation of the mechanical properties of
pure zinc [17,25–28]. From the mechanical properties point of view, materials in these studies were
characterized mostly by Vickers hardness and tensile tests. The Vickers hardness of experimental
materials prepared from Zn7.5 and Zn150 powders in the presented work was determined as
40–49 HV025 and 40–45 HV025, respectively. The values were higher in comparison to the cast pure zinc
of 30 HV given in [17]; however, the values were comparable with results of Vickers hardness testing
of hot extruded pure zinc of 44 HV5 given in [27]. Due to the obtained microstructure of materials
prepared by powder metallurgy, the characteristic mechanical properties should correlate more with the
properties of wrought materials than with cast materials. Considering the powder particles’ boundaries
as grain boundaries, the microstructure of the materials processed from Zn7.5 powder (knowing the
real particle size was up to 20 μm) is comparable with the fine recrystallized equi-axed grains with an
average grain size of 20 μm characteristic for pure extruded zinc analyzed in [27].

The resistance of prepared powder-based materials against the fracture during the three-point
bend test was (besides particles deformability) influenced mainly by the mechanical interlocking of
irregularities on the powder particle surfaces, which was promoted by plastic deformation during the
pressing. The bonding of particles was responsible for the mechanism of the bulk material fracture.
Because of the spherical shape of Zn7.5 powder particles, the flexural strength of compacted samples
showed lower values when compared to materials prepared from Zn150 powder. Larger surface area
and particles shape of Zn150 powder particles allowed easier contact of particles and interlocking of
the surface irregularities, which was even enhanced by the particles’ larger deformability compared to
the Zn7.5 powders, which was easily observed in the case of CP and CP-S materials, Figure 3.

The surface layer of corrosion products on particles’ surface had also a negative influence on
powder particles’ compaction during sintering and HP (processes performed at elevated temperature,
enhancing diffusion processes). Only the diffusion mechanisms contributed to sintering of particles
in the case of the absence of an external pressure [35]. The oxide layer on the powder particles could
affect the diffusion bonding of particles during sintering, and this can be seen in the case of CP-S
Zn150 powder material compacted under 100 MPa (Figure 3c). In this case, the observed porosity was
higher than as in the case of CP materials. Due to the surface oxide layer on the powder particles,
the sintering process could be affected by the diffusion delay. The role of the surface oxide layer in the
sintering of metal powder particles was defined as follows: Shifting the mechanisms of the sintering
process from a bulk-transport mechanism to that controlled by surface transport [34]. Even though
the content of oxygen was detected to be higher on the Zn7.5 powder particles, the powder particles’
low deformability seemed to have a larger influence on material compaction than the oxide layer on
the powder particles. Due to the low particle deformability and spherical shape, only limited areas of
individual particles were in direct contact, and the conditions for diffusion were worse compared to
the larger and more plane particles of Zn150 powder material. However, according to the experimental
observations, the influence of the oxide layer on the sinterability of zinc was minimal, and the presence
of an oxide layer on powder particles makes essentially no difference in the kinetics of sintering [34].

Even though the influence of processing parameters on Zn powder-based materials’ microstructure
is minimal, the influence of the processing on the samples’ bending properties was observed.
CP-S materials reached higher values of flexural strength for both powder particles sizes compared to
the CP materials. The influence was, however, only minor compared to the influence of the HP.
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In the case of Zn7.5 powder material, the CP samples prepared under 100, 200 and 300 MPa did
not reach the required handling strength necessary for three-point bend testing, and only samples
prepared under 400 and 500 MPa were tested. However, the values reached for the flexural strength
and displacement before fracture were very low (Figure 4a,c), which corresponds to low particle
deformation and the subsequent low bonding and high porosity of the material (Figure 2a,b).
The transgranular fracture mechanism and porosity present on the fracture surfaces support this
theory (Figure 5a,b). Sintering of the Zn7.5 powder material resulted in higher material handling
strength; however, the values of flexural strength reached were still low for materials prepared
under 100–300 MPa (Figure 4a). The fracture surface of the CP-S sample prepared under 200 MPa
corresponded to the microstructural observation and low bending characteristics of the material
reached (Figure 5c). Sintering materials prepared under higher pressures resulted in flexural strength
values higher than 40 MPa (41 and 76 MPa for 400 and 500 MPa pressure, respectively). However,
the displacement before the fracture was still very low and comparable to the one of CP samples
prepared under the same pressures (Figure 4c). HP of Zn7.5 powder materials resulted in a significant
increase of materials’ flexural strength, reaching maximal value of 322 MPa for material prepared under
400 MPa (Figure 4a). The positive influence of compacting pressure of HP-processed Zn7.5 powder
material was revealed by three-point bend test up to the compacting pressure of 400 MPa. Samples
prepared under 500 MPa reached lower values of flexural strength than the maximum, which can be
connected with the limited deformability of the material due to the HCP crystallographic structure
of zinc [36]. High compaction of the material during HP under 500 MPa resulted in strong particle
bonding, limiting the transgranular fracture mechanism. With increasing compacting pressure, a larger
amount of broken powder particles can be observed on the samples’ fracture surfaces (Figure 5e,f).
The cleavage mechanism playing a role in the material failure was responsible for the measured
decrease of the flexural strength (HP material processed under 500 MPa); however, displacement
before fracture still increased.

In the case of Zn150 powder materials, only the sample prepared by CP under 100 MPa did
not reach the adequate handling strength necessary for the three-point bend test. Due to the higher
deformability of larger powder particles compared to the Zn7.5 powder materials, CP and CP-S
samples reached higher values of flexural strength and displacement before fracture when compared
to the Zn7.5 samples. In the case of CP-S Zn150 powder materials, sintering had a significantly positive
influence on material bending properties (improvement of flexural strength approximately twice
compared to the CP materials). HP Zn150 powder materials reached even larger values of bending
properties than the CP-S materials; however, the improvement was not as significant as in the case of
Zn7.5 powder materials (Figure 4). The differences between the CP-S and HP Zn150 powder materials
are significant for materials prepared under 100–300 MPa; however, only a minor influence was
observed in the case of materials prepared under 400 and 500 MPa (Figure 4). This corresponds to the
microstructural observations, where only a minor influence on the materials microstructure applying
higher pressure (400–500 MPa) and temperature during HP was observed (Figure 3). The bonding
of particles of materials prepared under 300–500 MPa was comparable for CP-S and HP materials.
HP Zn150 powder materials’ fracture surfaces were similar for all of the applied pressures during
the preparation of materials, while differences in the CP-S materials’ fracture surfaces were observed
(Small pressures during materials processing resulted in intergranular failure, while the combination
of inter- and trans-granular fracture correlated with higher compacting pressures (Figure 6)).

Detailed fractographic analysis of the fracture surfaces of HP processed materials revealed the
mechanism of crack propagation (Figures 5f and 6f). Due to the tensile loading, microcracks through
individual powder particles were observed, characteristic of the cleavage facets in Figures 5f and 6f.
The final crack responsible for the sample’s failure followed the powder particles’ boundaries
connecting cleavage facets (cracked particles).
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5. Conclusions

Pure zinc materials prepared by methods of powder metallurgy were examined from the
microstructural and mechanical properties point of view. Bulk materials from zinc powder of a
mean particles size of 7.5 and 150 μm were prepared with three preparation methods: Cold pressing
(CP), cold pressing followed by sintering (CP-S) and hot pressing (HP). The obtained results show the
following:

(1) The deformability of zinc powder substantially depends on the size and shape of the powder
particles. Smaller spherical particles of Zn7.5 were observed to be only slightly deformable at
room temperature (CP), whereas large irregularly-shaped particles of Zn150 powder showed good
deformability resulting in low porosity of samples and good material compaction. The addition of
sintering (CP-S) and HP improved the deformability of the Zn7.5 powder; however, no significant
influence was observed in the case of Zn150 powder.

(2) The increase of compacting pressure was connected with the increase of the bending
characteristics of prepared Zn powder materials.

(3) The flexural strength of CP Zn150 powder materials was substantially higher when compared to
materials prepared from Zn7.5 powder. Low deformability of small-sized powder particles led
to the poor mechanical interlocking and low flexural strength of materials prepared from Zn7.5
powder compacted at room temperature.

(4) CP-S of Zn powder-based materials led to the significant improvement of the bending
characteristics of prepared materials. The maximal values of the flexural strength were measured
for CP-S materials prepared under 500 MPa; 76 MPa for Zn7.5 powder and 148 MPa for Zn150
powder materials.

(5) HP resulted in even more pronounced improvement of the bending characteristics of Zn
powder-based materials. The highest value reached of the flexural strength were measured
for Zn7.5 material prepared under 400 MPa (322 MPa) and for Zn150 material prepared under
100 and 200 MPa (203 MPa).

(6) The intercrystalline fracture mechanism was characteristic for CP materials prepared under
all of the applied pressures and CP-S materials prepared under pressures from 100–400 MPa.
The combination of inter- and trans-crystalline fracture mechanisms was characteristic for CP-S
materials prepared under 500 MPa and for HP materials.
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